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resumo 
 
 
A cortiça é um material celular natural capaz de suster quantidades 
consideráveis de energia. Estas características tornam este material ideal para 
determinadas aplicações como a proteção de impactos. Considerando 
equipamentos de segurança passiva pessoal, os materiais sintéticos são hoje 
em dia os mais utilizados, em particular o poliestireno expandido. Este também 
é capaz de absorver razoáveis quantidades de energia via deformação 
permanentemente. Por outro lado, a cortiça além de ser um material natural, é 
capaz de recuperar grande parte da sua forma após deformada, uma 
característica desejada em aplicações com multi-impacto. Neste trabalho é 
efetuada uma avaliação da aplicabilidade da cortiça em equipamentos de 
segurança pessoal, especificamente capacetes. Vários tipos de cortiça 
aglomerada foram caracterizados experimentalmente. Impactos foram 
simulados numericamente para avaliar a validade dos modelos constitutivos e 
as propriedades utilizadas para simular o comportamento da cortiça. 
Capacetes foram selecionados como caso de estudo, dado as energias de 
impacto e repetibilidade de impactos a que estes podem ser sujeitos. Para 
avaliar os capacetes de um ponto de vista biomecânico, um modelo de cabeça 
humana em elementos finitos foi desenvolvido. Este foi validado de acordo 
com testes em cadáveres existentes na literatura. Dois modelos de capacete 
foram modelados. Um modelo de um capacete rodoviário feito de materiais 
sintéticos, o qual se encontra disponível no mercado e aprovado pelas 
principais normas de segurança de capacetes, que serve de referência. Este 
foi validado de acordo com os impactos da norma. Após validado, este foi 
avaliado com o modelo de cabeça humana em elementos finitos e uma análise 
ao risco de existência de lesões foi efetuado. Com este mesmo capacete, foi 
concluído que para incorporar cortiça aglomerada, a espessura teria de ser 
reduzida. Então um novo modelo de capacete foi desenvolvido, sendo este 
uma espécie de modelo genérico com espessuras constantes. Um estudo 
paramétrico foi realizado, variando a espessura do capacete e submetendo o 
mesmo a duplos impactos. Os resultados destes impactos e da análise com o 
modelo de cabeça indicaram uma espessura ótima de 40 mm de cortiça 
aglomerada, com a qual o capacete tem uma melhor resposta a vários 
impactos do que se feito de poliestireno expandido. 
 

keywords brain, cellular materials, cork, energy absorption, head trauma, human head 
model, impact, material characterisation, natural materials, numerical 
simulation, passive safety, protective devices, traumatic brain injury 
abstract Cork is a natural cellular material capable of withstanding considerable 
amounts of energy. These features make it an ideal material for some 
applications, such as impact protection. Regarding personal safety gear, 
synthetic materials, particularly expanded polystyrene, are typically used. 
These are also able to absorb reasonable amounts of energy by deforming 
permanently. On the other hand, in addition to cork being a natural material, it 
recovers almost entirely after deformation, which is a desired characteristic in 
multi-impact applications. In this work, the applicability of agglomerated cork in 
personal safety gear, specifically helmets, is analysed. Different types of 
agglomerated cork were experimentally characterized. These experiments 
were simulated in order to assess the validity of the constitutive models used to 
replicate cork's mechanical behaviour. In order to assess the helmets from a 
biomechanical point of view, a finite element human head model was 
developed. This head model was validated by simulating the experiments 
performed on cadavers available in the literature. Two helmet models were 
developed. One of a motorcycle helmet made of synthetic materials, which is 
available on the market and certified by the main motorcycle helmets safety 
standards, being used as reference. This helmet model was validated against 
the impacts performed by the European standard. After validated, this helmet 
model was analysed with the human head model, by assessing its head injury 
risk. With this helmet, it was concluded that a thinner helmet made of 
agglomerated cork might perform better. Thus, a new helmet model with a 
generic geometry and a constant thickness was developed. Several versions of 
it were created by varying the thickness and subjecting them to double impacts. 
The results from these impacts and the analyses carried out with the finite 
element head model indicated an optimal thickness of 40 mm, with which the 
agglomerated cork helmet performed better than the one made of expanded 
polystyrene. 
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Chapter 1
Introduction
In this first chapter, a brief introduction is made. The
scope, motivation and main objectives of this re-
search are presented. In addition, a reading guide
with information about each chapter is also pro-
vided.
1.1 Motivation
Natural materials have been showing a tremendous potential to replace the synthetic ones
in a great variety of engineering and design applications. Nowadays, consumer awareness
and go-green tendencies are pushing manufacturers to provide eco-friendly alternatives to
current market solutions. Additionally, government policies and the natural chase for profit
will drive new business opportunities in the years to come. Currently, goods based on nat-
ural materials are mostly designed to mimic the original, classical functions expected from
a given product. Nevertheless, more than mimicking or improving existing functionalities
of products that resort to synthetic materials, exploring new improvements is important in
order to create highly innovative and sustainable engineered goods.
Currently, a great variety of personal safety gear employs energy absorption liners.
Examples are sport accessories, protective vests and helmets, among others. The vast
majority of these liners are usually made of synthetic cellular materials, such as expanded
polystyrene (EPS) and expanded polypropylene (EPP). These are able to absorb reason-
able amounts of energy by deforming permanently. Under compressive loading, cellular
materials can undergo large strain deformation while maintaining its low stress level almost
constant before the material’s densification, which allows them to absorb large amounts of
energy [Fernandes et al., 2014, Tchepel et al., 2016a].
In a society continuously searching for new environmentally friendly and sustainable
resources, a material such as cork would be a great substitute of these synthetic materi-
als. Cork is a natural cellular material capable of absorbing great amounts of energy. In
addition, cork recovers almost entirely after deformation, which is a desired characteris-
tic in multi-impact applications [Fernandes et al., 2014, 2015, Jardin et al., 2015]. These
features make cork an ideal substitute of synthetic cellular materials [Coelho et al., 2013,
Fernandes et al., 2015].
In general, helmets are subjected to considerable multi-impact loads. Helmet liners
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are usually made of EPS, which absorbs impact energy by deforming permanently. Thus,
helmet liners are an interesting application for cork. Therefore, the main objective of this
work is to analyse the applicability of agglomerated cork as energy absorption liner in
personal safety gear. More specifically, it is analysed if agglomerated cork is an alternative
to EPS helmet liners.
Europe’s 2020 strategy assigned research, technology and innovation as leading activ-
ities in order to promote a sustainable and smart economic growth. Such activities must
be carried out along with a strong consciousness about the environment, using the lowest
possible amount of resources.
Helmets are one of the most important types of personal safety gear. They protect our
heads and especially our brains. An impact to the head can have serious consequences
and could even be fatal. Thus, head protection and safety helmets are a matter of extreme
importance.
Since a long time that helmets are used as a protective system, first to protect the head
in ancient wars. More recently, it was noticed that head injuries could easily occur without
penetration, such as brain injuries due to inertial loading [Fernandes and Alves de Sousa,
2015]. Nowadays, helmets are used in a large number of different applications such as mil-
itary, in emergency and protective services, in different types of work, in different types of
sports and by bicyclists and motorcyclists, among others. Since each of these applications
have different technical requirements, helmets evolved according to their specific applica-
tions. The main differences are in the shells, the outer part of the helmets. The materials,
the geometries and the configurations are different according to the application. Neverthe-
less, regarding the energy absorption liner, there is no substantial difference between the
different types of helmets. The material is almost always the same, EPS [Fernandes and
Alves de Sousa, 2013a]. Even the geometries are similar between some types.
The different helmet standards are also very similar. The impact tests have a similar
configuration and the impact energies are also similar [Fernandes and Alves de Sousa,
2013a, Pratellesi et al., 2011, Tinard et al., 2012b]. These standards usually take a long
period of time to be upgraded or the changes are minimal. There is a general consen-
sus about this subject and a great number of researchers criticized this low evolution rate
[Fernandes and Alves de Sousa, 2013a]. One example is the ECE 22.05 standard [ECE
R22.05, 2002], which regulates motorcycle helmets available in almost all European coun-
tries, including Portugal. This standard has been criticized for assessing helmets with
outdated methods and criteria, using "rigid" steel headforms and assessing only the peak
translational acceleration and Head Injury Criterion (HIC) as criteria [Fernandes and Alves
de Sousa, 2013a, Forero Rueda et al., 2011, Tinard et al., 2012b].
Motorcyclists have only one effective mean of protection, the helmet. In fact, road acci-
dents are the main cause of head injuries and motorcyclists greatly contribute to this [Lin
and Kraus, 2008, WHO, 2009, Tinard et al., 2012b]. Thus, helmet standards are respon-
sible for motorcyclists safety by improving the helmet quality and effectiveness. However,
some researchers affirm that based on the standards, helmets are designed to reduce
headform deceleration and not optimised to reduce head injury [Forero Rueda et al., 2011,
Shuaeib et al., 2002a, Tinard et al., 2012b].
Over the decades, experimental studies have been made in human corpses and ani-
mals in order to obtain the mechanical properties of head components. The increase of
computing power and the advances on computational modelling, led some researchers to
try to model the human body, including the head [Tchepel et al., 2016b]. Several finite
element head models (FEHM) have been developed during the last decade [Horgan and
Gilchrist, 2003b, Kleiven, 2007c, Mao et al., 2013, Takhounts et al., 2008, Sahoo et al.,
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2016, Zhang et al., 2001b].
Head modelling provides a strong basis for helmet design over the current headforms
used by the standards. Once the FEHM is validated, it can be used to optimise the hel-
mets from a biomechanical point of view [Fernandes and Alves de Sousa, 2013b, Tinard
et al., 2012b]. These are more biofidelic than the rigid headforms and optimising a hel-
met with FEHM saves greats amounts of resources, such as material. A more flexible
and cheaper procedure. This biomechanical criteria is based on the proposed head level
injury predictors [Fernandes and Alves de Sousa, 2015]. This allows a further accurate,
computational-based prediction of brain injuries, relating it to the medical investigations
observed in autopsy of real accidents.
The research presented in this thesis intends to assess agglomerated cork as an en-
ergy absorbing material in helmets. Different types of agglomerates were tested experi-
mentally. After characterization, these experiments were simulated in order to assess the
validity of the constitutive models used. A FEHM was developed in order to assess the
helmets using a biomechanical criteria. The desire of developing a FEHM is justified by
the expectation that even if a helmet passes the shock absorption tests required by the
European standard ECE 22.05, simulations performed with such a model could show that
severe injuries may happen. Finite element (FE) helmet models were also developed. One
of an existing certified helmet with an EPS liner and currently available on the market in
order to be a reference in this study. A second one with a generic geometry, in order
to evaluate the applicability of agglomerated cork as energy absorption liner in helmets
and to optimise it by performing a parametric study with the developed FEHM, based on
biomechanical criteria. An extensive description of the steps and objectives of this work
are presented in the next section.
1.2 Objectives
The main goal of this research is to analyse the applicability of agglomerated cork as
energy absorption liner in personal safety gear, more specifically in helmets. In the scope
of this work, several stages had to be covered:
• Perform a detailed and thorough bibliographic review on several topics, such as cork
and its application as an energy absorber, helmets technology and standards, and
head biomechanics with insights on injury criteria and FE modelling;
• Quasi-static and dynamic characterisation of the mechanical behaviour of several
types of agglomerated cork and EPS;
• Validation of the constitutive models used to simulate the mechanical behaviour of
agglomerated cork and EPS;
• Development of an accurate FEHM and validation of this model against two differ-
ent types of tests. This biomechanical head model will allow a further accurate
computational-based prediction of brain injuries;
• Development and validation of a FE helmet model of a certified and commercially
available helmet with an EPS liner;
• Biomechanical assessment of the certified and commercially available helmet with
EPS liner using FEHM injury criteria;
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• Development of a new generic helmet with agglomerated cork liners and its optimi-
sation with regards to biomechanical criteria.
Although the reference for comparison is a motorcycle helmet, the potential applica-
tions are all helmets in general. Regarding multi-impact scenarios with substantial impact
energies, military helmets and helmets for contact sports such as ice hockey are also inter-
esting options. In addition, cork application is not limited to helmets and has the potential
to be applied in other types of personal safety gear or even in other applications where its
characteristics are desirable.
1.3 Reading guide
This thesis is divided in 7 chapters. In order to supply the reader with a practical reading
guide, a small description of all chapters and their contents is provided.
Chapter 1 - Introduction
Chapter 1 presents a brief introduction along with the motivation for this thesis. A summary
of the main objectives of this work is also presented. In addition, a reading guide is pro-
vided, giving a brief summary of each chapter.
Chapter 2 - State-of-the-art
This chapter presents the state-of-the-art relative to the topics covered in this thesis. Ex-
plains concepts related to cellular materials, specifying the origin and structure of cork
and EPS. The mechanical behaviour and properties of both materials are also addressed.
In addition, a literature review is made of research works where these materials were em-
ployed as energy absorbers, with emphasis on studies where impact tests were performed.
A review on constitutive modelling of these materials is also performed.
It also refers to the development of helmets and different types existing today as well as
the materials typically used. New helmet configurations are also reviewed, as well as the
current state of the main helmet standards, where a comparison is made and drawbacks
are highlighted.
It is made a brief review of head injury mechanisms and head injury criteria, as well
as the associated thresholds proposed by several studies in the literature. In addition, the
topic of finite element head modelling is also covered, presenting the models that represent
the state-of-the-art and the experimental studies used to validate such models.
Chapter 3 - Material characterisation and modelling
This chapter describes the procedures and methods used to characterize the mechanical
behaviour of cellular materials involved in this work. The experimental characterisation of
both static and dynamic behaviour of different types of agglomerated cork and EPS is pre-
sented. In addition, numerical simulations are performed in order to verify the validity of
the constitutive models and mechanical properties used model the mechanical behaviour
of these cellular materials.
Chapter 4 - Finite element head modelling
In this chapter, the methods used to model a new FEHM are described in detail. This in-
cludes the geometric modelling, since the medical images to the finite element mesh. The
constitutive models and mechanical properties used to model head contents are also pre-
sented. The experimental tests on cadavers selected from the literature are also described,
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as well as the numerical simulations performed to validate the head model against these
experiments.
Chapter 5 - Finite element modelling and evaluation of a helmet available in the market
In this chapter, the modelling and assessment of a commercially available motorcycle hel-
met is described. This was validated by simulating the impacts required by the standard to
certify the helmet. Then, the safety level of this helmet was assessed by using the FEHM
developed in chapter 4. Additionally, a preliminary analysis is performed by establishing a
direct comparison between liners made of EPS and cork agglomerates.
Chapter 6 - Biomechanical evaluation of a helmet composed of agglomerated cork
This chapter presents the development of a new helmet model based on the findings of
the previous chapters. Several versions of it are created, by varying the liner thickness in
order to find the best solution with the FEHM developed in chapter 4. A final comparison
between the best agglomerated cork helmet solution and the same helmet with EPS liner
is performed in order to verify if agglomerated cork liners are an alternative to the ones
made of EPS.
Chapter 7 - Conclusions and future work
This chapter presents the general conclusions and discusses the results obtained in this
work. In addition, some suggestions and ideas to implement in future works are listed.
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Chapter 2
State-of-the-art
This chapter presents the state-of-the-art relative
to the topics covered in this thesis. Explains con-
cepts related to cellular materials, specifically cork
and EPS, regarding their origin, manufacture, struc-
ture, types, mechanical behaviour and properties,
and applications. In addition, it introduces concepts
of helmet design and testing as well as new config-
urations. It also includes a literature review on head
injury biomechanics, covering injury mechanisms,
criteria and their thresholds, and FE modelling.
2.1 Cellular materials
Over the last decades, cellular materials have been used in many applications. For in-
stance, they have been intensively used in applications where a good energy absorption
capacity is a desired feature. Damping, insulation and specific stiffness, among others, are
also some of the desired properties. Thus, many of these materials have been used in
personal safety gear (e.g. in helmets) and goods protection (e.g. in packaging) [Fernandes
and Alves de Sousa, 2013a,b, Ozturk and Anlas, 2011, Paulino and Teixeira-Dias, 2012].
Normally, in these applications, the components are rarely subjected to a single impact.
Cellular materials have this designation when constituted by empty cellular elements
with a solid fraction under 30% of the total volume [Pereira, 2007]. Among cellular materi-
als, there are open-cell and closed-cell materials. Both of these can either be from natural
or synthetic origin. There are many natural cellular materials available in nature, such as
cork, wood and even bone. Fig. 2.1 shows the cellular structure of a honeycomb.
Under compression, cellular materials exhibit an approximately linear elastic behaviour
for very small strains, which depend on the material. For greater strains, cellular materials
undergo large strain deformation while maintaining an almost constant low stress level.
This stress plateau corresponds to progressive cell collapse by elastic buckling, plastic
yielding or brittle crushing, depending on the nature of the material [Gibson, 2005]. This
plateau ends with the collapse of cell walls, known as densification. In terms of failure and
damage, cellular materials can absorb energy through bending, buckling and fracture of the
cells walls [Sousa-Martins et al., 2013]. This general behaviour makes cellular materials
excellent energy absorbers, which can sustain considerable strains for small stress values.
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Figure 2.1: Cellular structure of a honeycomb.
Typical compressive stress-strain curves of different celular materials are shown in Figs.
2.6 and 2.16.
Expanded polystyrene (EPS), expanded polypropylene (EPP) or even metal foams are
examples of widely used cellular materials. The choice of which one is the best material
for each application depends on the application itself. For instance, for extremely high
energy impacts, metal foams may perform better. Moreover, the mechanical properties
can vary significantly depending on the density, loading strain rate and in some cases
on the type of binder used to unify the material’s granules. These characteristics attracted
many researchers who tried to characterise those materials under quasi-static and dynamic
loading [Di Landro et al., 2002, Fernandes and Alves de Sousa, 2013b, Fernandes et al.,
2015, Gameiro et al., 2007a, Jardin et al., 2015, Mills, 2007, Mills et al., 2009b, Ouellet et
al., 2006, Zheng et al., 2013, Zhu and Mills, 1999].
The great majority of these materials deform by crushing, developing permanent de-
formation. This means that after an impact where high strains are reached, the energy
absorption capacity of these materials is significantly reduced. One cellular material that
has the capacity to significantly recover its dimensions after being compressed is cork, a
natural cellular material capable of absorbing considerable amounts of energy. For this
reason, cork could be a good alternative in applications subject to more than one impact.
Natural cellular materials are often mechanically efficient due to its structure. For instance,
cork presents a honeycomb-like structure, which gives it an exceptionally high performance
index for resisting bending and buckling [Gibson, 2005].
The following subsections address EPS and cork, since both materials are tested in
this work. Their origin, manufacturing, applications, structure and mechanical behaviour
and properties are reviewed. A wider state-of-the-art review on cork is presented since it
is one of the main focus of this research.
2.1.1 Expanded polystyrene
Expanded polystyrene (EPS) is widely used in many applications. For instance, this syn-
thetic foam is extensively used as an impact energy absorber in packaging and in helmets.
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In addition, it is also used as thermal and acoustic insulator.
EPS is the most common polymeric foam, mainly due to its convenient cost-benefit
ratio. It is cheap and easily injected to manufacture complex shapes. In addition, it is a light
material with a low specific weight, where 97% of its volume is air. This set of characteristics
explains why it is widely used, even in highly demanding applications such as helmets.
Manufacturing
Bead foams, based on commodity thermoplastics such as EPS, are widely used. Thermal
insulation, packaging and energy absorption in personal safety gear are some of the ap-
plications. Bead moulding is a relatively economic mass-production process, of complex
shaped products, with high dimensional accuracy [Mills, 2007]. Svec and Rosik [2000]
reviewed this production process and the foam microstructure. EPS foams are usually
manufactured in a two-stage process:
• In the first stage, plastic pellets, containing a low-boiling point hydrocarbon expander
(generally pentane) dissolved within, are partially foamed to obtain pre-expanded
beads.
• In the second stage, the beads are sintered together and expanded in a mould to
produce desired shape with the final density.
First, pentane is introduced to suspension-polymerised polystyrene (PS) beads. When
these absorb and contain pentane up to 8% of its weight, the glass transition temperature
is reduced from 100°C to about 60°C [Mills, 2007]. When PS beads are heated in the first
stage of the process, the pentane begins to evaporate at about 50°C. The beads are then
cooled and rest for a day within which the air diffuses into the cells and pentane is lost.
Generally, the higher the beads are heated, the lower the density will be. The temper-
ature is important to define the expansion diameter of the beads. Nevertheless, for long
heating times, the pentane escapes faster than air diffuses into the cells, and the cells
begin to collapse [Mills, 2007].
In the second stage, EPS beads are inserted into a mould with the product’s final ge-
ometry. Then, steam passes through ports in the mould at a controlled pressure, normally
ranging from 1.29 to 1.98 bar. The temperature is generally between 107°C and 120°C,
which is above the glass transition temperature [Mills, 2007].
The partial steam pressure inside the beads is zero before moulding. When the diffu-
sion rate of steam into the beads is higher than the diffusion rate of air or pentane out of
the beads, the internal pressure increases, causing expansion and the start of aggregation
between the beads. Consequently, flat regions develop between the beads and a welding
process starts. Then, the steam is cut off and cooling water is applied to the mould. Finally,
when the mould internal pressure falls to zero, the final product is removed.
The final structure consists of expanded beads with dense and stiff walls between each
other. The beads size determines the EPS foam density. The beads are made of small
closed cells with dimensions of the order of 100 µm . Therefore two sizes of unit cells can
be revealed, which are expected to deform interactively [Di Landro et al., 2002]. Fig. 2.2
shows the transition from PS beads to EPS beads and finally to an EPS foam.
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10 mm 
Molded Foam 
Expanded Beads 
PS Beads 
Figure 2.2: Transition from PS pellets to EPS beads and finally to an EPS foam (adapted
from Neil Hanekom, epsfoampro.com).
Structure and mechanical behaviour
The expanded beads - in the EPS foam - become approximately polyhedral. Fig. 2.3 shows
the macrostructure of an EPS foam, where is possible to observe the beads geometry and
to verify that there are empty spaces between them. Thus, the expanded beads are not
fully in contact. Generally, when the foam fractures, the crack follows the beads boundaries.
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Fig. 1. The diagram of expanded polystyrene under short-term 
compression [9] 
EXPERIMENTAL  
In order to analyze the dependency of expanded 
polystyrene density on the average diameter of the beads 
the slabs produced in Lithuanian factories with densities of 
11 kg/m3 – 33 kg/m3 were used. The sections were prepared 
using these slabs; the surface was examined using a 
microscope that enlarged the view 6 times. The diameter of 
the beads is established in the following way: at certain 
points of the beads the largest and the smallest diameter is 
measured and consequently an average diameter estimated. 
In order to analyze macro (80 times enlargement) and 
micro (800 times enlargement) structure of expanded 
polystyrene when it is under compressive load, the 
specimens (20×20×20) mm, were prepared.  Since EPS is a  
poor dielectric, the surface of this material was steamed up 
with a very thin gold layer. The steamed up specimens 
were put between two screwed metal blocks meant for 
compression of the specimens. The specimens placed into 
the device were put into the scanning microscope for the 
analysis of macro and microstructure. First analysis is 
carried on the specimen while it is not deformed yet; the 
following analyses are done each time the blocks are 
screwed until wanted deformation is reached. The 
specimen is being compressed as long as it is needed to 
destroy the structure. 
RESULTS AND ANALYSIS 
Since the density of EPS is the main parameter that 
characterizes most of the materials properties when it is 
under static load, it is important to evaluate the relationship 
between this parameter and the porous structure. The 
microstructure of the specimens, which density is different, 
is presented in Fig. 2. It may be noticed that the higher is 
the density the smaller is the diameter of the expanded 
polystyrene beads. Moreover, the area between the beads 
also narrows, and the number of them considerably 
increases in the same area. As it may be noticed in Fig. 2, 
the diameter of the specimen beads may vary. More the 
density of specimens increases, the greater is the difference 
between the diameters of the beads. During the experiment 
the diameters of the beads differed up to 6 times (see 
Fig. 2, d) when the density of the specimens was 30 kg/m3. 
When the density was 12 kg/m3, the diameters of beads 
differed only 2 times (Fig. 2, a). Such dispersion of the 
beads is due to the parameters that were chosen by the 
manufacturer and are closely related with the primary 
expansion of the beads. 
 
  
a b 
  
c d 
Fig. 2. The macrostructure of EPS when density is different, kg/m3: a – 12; b – 17; c – 23; d – 30 
3 mm 
Figure 2.3: Macrostructure of an EPS foam (adapted from Vaiktus et al. [2006]).
Vaiktus et al. [2006] observed that when deformation reaches 3%, spaces between
beads diminish lightly. The expanded beads move towards the empty space and the beads
structure suffers almost no changes. Vaiktus et al. [2006] added that under compression,
the beads move to different directions. It is possible that not only compression stresses but
also tensile as well as shear stresses appear between the beads.
Then, until the deformation reaches 60%, the cells get gradually wrinkled. Thus, it can
be stated that gradual collapse of microstructure takes place when deformations are below
Fábio António Oliveira Fernandes PhD thesis
2. State-of-the-art 11
60% Vaiktus et al. [2006]. At this level of strains, there is no empty space between the
beads, leading to pure compression. Thus, for this level of deformation, EPS cells are all
wrinkled and densification starts.
The shape of EPS cells is variable. Non-deformed EPS cells are shown in Fig. 2.4, at a
macro (left) and micro (right) scales. Cells close to the bead skin tend to resemble bricks,
with two of their faces parallel to the bead boundary. On the other hand, cells in the interior
of the bead have equiaxed polygonal shapes [Mills, 2007].
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The EPS density dependence upon the diameter of the 
beads is shown in Fig. 3.  
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Fig. 3. The dependence of EPS density on the beads diameter 
The regressive analysis of expanded polystyrene 
specimens microstructure showed that the dependence of 
EPS specimens density ρ, kg/m3, upon average diameter of 
the beads dav., mm might be expressed by a progressive 
equation: 
0.616
av.42.86
−⋅= dρ . (1) 
In   the   equation   above   the   standard   deviation   is  
Sr = 2.61 kg/m3 and the coefficient of correlation is 
R2 = 0.792. This coefficient shows that the variation of 
density depends approximately 79.2 % on the average 
diameter of expanded polystyrene beads and only 20.8 % 
on the other factors. 
The dependence is not linear. In order to explain it, the 
technological process of manufacturing has to be 
identified. In the process of EPS manufacturing the 
primary expansion of the beads is used. In order to 
manufacture the products of higher density (17 kg/m3 – 35 
kg/m3), one stage of expansion is needed, and two stages 
of expansion are required when the products are of lower 
density (11 kg/m3 – 17 kg/m3). The different primary 
expansion of the beads may be the reason for the curved-
line dependence. 
The changes of EPS macrostructure that take place un-
der different levels of compression are presented in Fig. 4. 
In the structure of not yet deformed specimen few inter-
connected beads as well as spaces between them are 
clearly seen (see Fig. 4, a). When the deformation is 3 % 
(Fig. 4, b) (this deformation is equal to σA – see Fig. 1), 
spaces between beads diminish lightly, i.e., the beads move 
towards free space and the structure of the beads undergoes 
almost no changes. A considerable diminishing of spaces 
between beads may be noticed in Fig. 4, c (only 1 space 
between beads is left out of 4 observed spaces). The beads 
get deformed at the places where they connect with each 
other.  
  
a b 
  
c d 
Fig. 4. The changes of EPS macrostructure under different levels of compression, %: a – 0; b – 3; c – 30; d – 60 
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a b 
Fig. 5. The changes of EPS microstructure in the middle part of bead under different levels of compression, % : a – 0;  b – 60 
 
  
a b 
Fig. 6. The changes of EPS microstructure in the places of beads connections under different levels of compression, %: a – 30; b – 60 
It has to be explained why the beads get deformed only 
in these places. When the specimen is under compression, 
the beads move to different directions. It is possible that 
not only compression stresses but also tensile as well as 
shear stresses appear between the beads. According to the 
stress-strain diagram, when 60 % of deformation is reached 
(Fig. 4, d) (it equals to εB – Fig. 1) the beads can not move 
any more due to the fact that there are no more space left 
for movement. It means that the stresses of tensile as well 
as shear are over, which leads to the pure processes of 
compression, i.e., the beads start to densificate. 
The analyses of microstructure are more complicated. 
The analyses of polymeric materials with closed cells are 
complicated for technical and structural reasons. Techni-
cally it is complicated, because: first, the cell faces scatter 
light, preventing optical microscopes from viewing its 
interior; second, the cell walls are to thin to be resolved by 
X-ray micro tomography [5]. Structurally it is complicated 
because one bead is combined of thousands cells therefore 
it is almost impossible to determine in which cell exactly 
the changes take place. 
The analysis of cells microstructure in the middle part 
of bead is presented in Fig. 5. The undeformed specimen is 
presented in Fig. 5, a, and the compressed specimen up to 
60 % is presented in Fig. 5, b. Basically, there are no 
differences between the Fig. 5, a, and Fig. 5, b. Wrinkles 
that could appear during formation process of the specimen 
or cutting it out may be noticed on certain cell walls.  
The analysis of cells microstructure that was done in 
the places of the beads connection is presented in Fig. 6. 
The microstructure of the specimen that was compressed 
up to 30 % is presented in Fig. 6, a, and the microstructure 
of the specimen that was compressed up to 60 % is 
presented in Fig. 6, b. When the deformation reaches 60 %, 
all the cells are wrinkled, while when the deformations are 
lesser, only few cells get wrinkled. Thus, it can be stated 
that only gradual collapses of microstructure takes place 
when deformations are below 60 %. 
CONCLUSIONS 
1. The density of expanded polystyrene is determined by 
the size of beads. This dependence may be expressed by 
a regression equation 0.616av.8642 −⋅= d.ρ . When the beads 
diameter increases 4 times, the density decreases 2.3 
times.  
2. At the primary stage of compression from 3 % to 30 % 
of relative deformation a decrease of spaces between 
beads occurs and progressive deformations of connected 
beads walls appear. 
3. When the compression is below 60 % of deformation, 
only insignificant changes take place within the bead 
Figure 2.4: EPS macro and microstructure (adapted from Vaiktus et al. [2006]).
EPS is a closed-cell foam used, for instance, in helmets as impact energy absorber.
Nevertheless, EPS deforms by crushing, developing permanent deformation. Fig. 2.5
shows the beginning of densification at 60% of deformation, where crushed cells are visible.
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Fig. 5. The changes of EPS microstructure in the middle part of bead under different levels of compression, % : a – 0;  b – 60 
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Fig. 6. The changes of EPS microstructure in the places of beads connections under different levels of compression, %: a – 30; b – 60 
It has to be explained why the beads get deformed only 
in these places. When the specimen is under compression, 
the beads move to different directions. It is possible that 
not only compression stresses but also tensile as well as 
shear stresses appear between the beads. According to the 
stress-strain diagram, when 60 % of deformation is reached 
(Fig. 4, d) (it equals to εB – Fig. 1) the beads can not move 
any more due to the fact that there are no more space left 
for movement. It means that the stresses of tensile as well 
as shear are over, which leads to the pure processes of 
compression, i.e., the beads start to densificate. 
The analyses of microstructure are more complicated. 
The analyses of polymeric materials with closed cells are 
complicated for technical and structural reasons. Techni-
cally it is complicated, because: first, the cell faces scatter 
light, preventing optical microscopes from viewing its 
interior; second, the cell walls are to thin to be resolved by 
X-ray micro tomography [5]. Structurally it is complicated 
because one bead is combined of thousands cells therefore 
it is almost impossible to determine in which cell exactly 
the changes take place. 
The analysis of cells microstructure in the middle part 
of bead is presented in Fig. 5. The undeformed specimen is 
presented in Fig. 5, a, and the compressed specimen up to 
60 % is presented in Fig. 5, b. Basically, there are no 
differences between the Fig. 5, a, and Fig. 5, b. Wrinkles 
that could appear during formation process of the specimen 
or cutting it out may be noticed on certain cell walls.  
The analysis of cells microstructur  that was do e in 
the places of the beads connection is presented in Fig. 6. 
The microstructure of the specimen that was compressed 
up to 30 % is presented in Fig. 6, a, and the microstructure 
of the specimen that was compressed up to 60 % is 
presented in Fig. 6, b. When the deformation reaches 60 %, 
all the cells are wrinkled, while when the deformations are 
lesser, only few cells get wrinkled. Thus, it can be stated 
that only gradual collapses of microstructure takes place 
when deformations are below 60 %. 
CONCLUSIONS 
1. The density of expanded polystyrene is determined by 
the size of beads. This dependence may be expressed by 
a regression equation 0.616av.8642 −⋅= d.ρ . When the beads 
diameter increases 4 times, the density decreases 2.3 
times.  
2. At the primary stage of compression from 3 % to 30 % 
of relative deformation a decrease of spaces between 
beads occurs and progressive deformations of connected 
beads walls appear. 
3. When the compression is below 60 % of deformation, 
only insignificant changes take place within the bead 
Figure 2.5: Crushed EPS cells at 60 % of deformation (adapted from Vaiktus et al. [2006]).
Generally, three stages characterise the compression stress-strain curve of EPS [Gib-
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son, 2005], as illustrated in Fig. 2.6:
• I - For very small strains, there is a linear elastic regime, which corresponds to bend-
ing of the cell walls;
• II - At this level of strain, yield stress is reached and deformation is unrecoverable.
The compressive stress is almost constant during the compression within this range
of strains. In Fig. 2.6 is possible to observe a stress plateau. Progressive cell collapse
occurs by plastic yielding until all cells are collapsed [Tan and Qu, 2010];
• III - For such strains, cells are collapsed, loading the cell edges and walls against one
another, leading to densification where the stress rises steeply. Thus, the capacity to
absorb energy is significantly reduced.
σ 
ε 
II 
III I 
σpl 
Figure 2.6: Typical uniaxial stress-strain curve of an EPS foam under compression.
2.1.2 Cork
The majority of cellular materials, including EPS, deform by crushing, developing perma-
nent deformation. This means that after an impact, the energy absorption capacity of these
materials is significantly reduced. High strains are reached, the material gets stiffer and can
no longer be used for energy absorption.
One cellular material that has the capacity to significantly recover its dimensions after
being compressed is cork. Cork is a natural cellular material that has the capacity to with-
stand considerable amounts of energy. Thus, in contrast to other cellular materials such
as EPS, cork is characterized by having both a good energy absorption capacity and vis-
coelastic recover. Therefore, after an impact, the capacity of this material to keep absorbing
energy is almost unchanged, deforming mainly elastically. In addition, cork appears as a
sustainable alternative, once it is fully recyclable.
In addition to cork’s great compressibility and dimensional recovery, this material has
good insulation properties, very low permeability to liquids and gases, chemical stability
and durability [Pereira, 1988, 2007]. Due to this excellent set of properties, cork is applied
in a vast variety of applications, since cork stoppers to thermal and acoustic insulation,
footwear and clothes, flooring and vibration control, among many others.
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Origin, manufacturing and applications
Cork is the bark of the cork oak, which is scientifically known as Quercus Suber L. This
type of tree grows mainly in the Iberian Peninsula, being Portugal the largest manufacturer
of cork products. Quercus Suber L has a typical life span from around 150 to 200 years
[Tchepel et al., 2016a].
Cork oaks are ready for their first harvest around the age of 25 years old, when the tree
diameter is approximately 20 to 25 cm [Fortes et al., 2004]. Cork from this first harvest is
called virgin cork. This presents an irregular structure and surface, with fractures due to
high tangential stresses originated by the radial growth. Cork with this quality is not suitable
for production of natural cork stoppers. Nevertheless, this raw material is not wasted, being
used to manufacture cork agglomerates for flooring, insulation, etc.
From this point onwards, every 9 years, the tree is ready for a new a harvest. This
is the period necessary to grow a new layer of cork with the necessary thickness for its
primary application, the production of stoppers. The cork from the second harvest is called
secondary cork and the ones thereafter amadia. Cork is harvested by cutting the bark and
by extracting the planks from the tree. Fig. 2.7 shows the cork harvesting process, which
is usually done manually by expertise and skilled professionals between late spring and
summer.
Figure 2.7: Extraction of cork planks (courtesy of APCOR).
Cork is produced by a meristematic tissue, the phellogen [Fortes and Rosa, 1992]. The
cells in each column are produced by the same phellogen cell and are packed base-to-
base. After extracting the bark, the phellogen layer is destroyed. Nevertheless, cork oak
has the capacity to regenerate, creating a new layer of cork. This regenerative capacity is
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what makes it possible to sustainably explore these trees, approximately 15-16 harvests
during their life span.
Although the cork obtained in the second extraction has better quality than virgin cork,
presenting a regular structure and smoother surfaces, it is also not suitable for production of
stoppers. There are still considerable stresses that originate cracks and other irregularities.
Nevertheless, in the next harvests, cork usually presents a regular structure with a uniform
thickness and smooth surfaces with just a few low depth cracks. Thus, amadia is the raw
material used by the industry to manufacture natural cork stoppers.
Before producing the stoppers or other products, cork planks rest for half a year in
order to mature and stabilise. Then, planks are boiled, which makes them softer, flatter
and cleaner. Fig. 2.8 shows planks stacked on pallets, ready for further processing. Fig.
2.9 shows a close-up of boiled planks, capturing the lines running in the radial direction.
These structures are called lenticular channels and are the gas exchange pores that allow
air exchange between the atmosphere and the living tissue of the tree.
Figure 2.8: Boiled planks stacked on pallets.
In the cork industry, nothing is lost, everything is harnessed and transformed. Cork from
the first two harvests, as well as the cork that is not used for the production of stoppers,
are used to manufacture cork agglomerates. In addition, cork waste from manufacturing
products such as stoppers and other cork products are also used. Even cork stoppers and
other products can be recycled and used to create new products. Thus, it can be said that
cork is fully recyclable, reusable and its manufacturing is sustainable.
Regarding agglomerates, depending on the manufacturing process, two general types
are possible to obtain. One is agglomerated cork, created by mixing cork granules with
some binder, for instance, thermosetting resins. The other type is black agglomerated cork,
also known as expanded agglomerate or expanded cork. This one is just made of cork
suberin, without adding binder. Fig. 2.10 shows examples of each type of agglomerate.
Some of the natural cork characteristics may affect its application in new technologies,
for instance, its anisotropy. In addition, the cells size dispersion and even the growth period
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Figure 2.9: Close-up of boiled planks, capturing the lenticels.
Figure 2.10: Two types of agglomerates: agglomerated cork (left) and expanded cork
(right).
affects the cells shape and size. Thus, cork is not completely homogeneous and therefore
its mechanical behaviour will depend on the specific particularities of the structure, such as
porosity and cracks [Anjos et al., 2011a].
Agglomerated cork, commonly known as white agglomerate, is one alternative in order
to have an isotropic material with controlled properties. Agglomerated cork results from
moulded agglomeration of cork granules ranging from 0.5 to 20 mm with other materi-
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als such as polyurethane (PU), phenolic and melamine thermosetting resins or vegetable-
based resins, among many others. The binder represents an important role in the mechan-
ical properties of the final product since it is responsible for bounding cork granules. The
choice depends on the final product or application. Thus, agglomerated cork is an isotropic
material that can be manufactured in different shapes and sizes, keeping the advantages
of using natural cork.
The granules are obtained using different types of mills. The granules dimensions de-
pend on the final product or application. After being milled, the granules are normally
cleaned and dried by forced circulation of hot air, giving the granulate the required mois-
ture content. The agglomerate is created by agglutination of granules with a specific size
and density using pressure, heat and a binder, depending on the product and application
required.
Following automatic or manual dosage, the mixing of the granules with the binder is
achieved by mechanical blade or helical mixers. The mixture is then placed in a mould with
the desired shape, which is pressed. The mould is then placed in a heating chamber with
temperatures between 110 and 150°C. Next, the agglomerate is removed from the mould
and cooled.
The density resulting from this process will depend on the final application. For in-
stance, agglomerates for decorative purposes commonly have densities of 200 to 350
kg/m3 and use fine to medium granule sizes, while for flooring the density is around 450
kg/m3 to 600 kg/m3. Generally, some agglomerates have similar densities to natural cork,
which has densities ranging between 120 and 300 kg/m3 [Fortes et al., 2004]. In general,
agglomerated cork can be considered an isotropic material.
Expanded agglomerate, also known as black agglomerate, is made by agglutination of
virgin cork granules. This cork is mostly obtained from the pruning of oak trees branches,
with a high concentration of extractives, which act as a natural adhesive. Expanded cork is
industrially manufactured without the use of additives, being 100% natural.
The grinding process is exactly the same used for white agglomerates. After grind-
ing, impurities are removed, specifically wood, with the aid of densimetric separators and
sometimes pneumatic separators or rotating drums. The granulate is stored and dried until
the ideal moisture level is reached.
The granules are placed in autoclaves and pressures around 40 kPa and tempera-
tures approximately between 300-370°C (usually steam from water overheated) are used
to manufacture expanded cork. With these conditions, the granules expand and exude their
natural resin, driving agglomeration without being necessary to add any additive. Basically,
by heating the granules, these expand and agglutinate due to the action of its own resins.
The final material colour is given to it by the high temperatures reached with this pro-
cess, without adding pigments. This is a 100% natural process, without use of any kind of
additives. With these two types of agglomerates, complex shapes can be manufactured,
which allows cork to be applied in several applications.
Cork properties make it an all-purpose problem solver and suitable for a wide range
of applications. For instance, flooring, flotation, insulation and sealing. Cork stoppers are
used for sealing wines for more than two millennia. Over the ages, cork has evolved into a
versatile material used in several activities. Cork is even used for its aesthetic characteris-
tics, as shown in Fig. 2.11 a cork sculpture.
Today, cork is used in construction, decoration, transportation, clothing, sporting goods,
shoes, cladding panels, fishing buoys, among many others. The fact that we live in a society
constantly searching for environmental friendly solutions, cork stands out for its properties.
These are better reviewed in the next section.
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Figure 2.11: Cork sculpture by Vhils at Santa Maria da Feira’s City Hall.
Portugal leads export figures with a share around 65% [APCOR, 2016]. It is also the
leader in the global area of cork oaks and cork production. Cork oak plantations cover an
area of almost 2.5 million hectares and Portugal concentrates 34% of it.
Structure
The first known written reference about cork dates to 77 A.D., made by Pliny the Elder
(Gaius Plinius Secundus) in his book Naturalis Historia. In this, he refers the utility of the
bark and the capacity of the tree to regenerate it. Some years later, Plutarch refers the
utilisation of cork in boats [Fortes et al., 2004].
Many centuries later, Robert Hooke published Micrographia, describing his observa-
tions made with the compound microscope [Hooke, 1665]. By looking with it into a piece
of cork, Hooke coined the term cell (from latin cella, which means small compartment)
for describing biological organisms. In this publication, Hooke described cork as a porous
material with cells resembling a honeycomb. Fig. 2.12 shows Hooke’s illustration of cork’s
microstructure.
Hooke also noticed the anisotropy of cork. In Fig. 2.12 is possible to observe the
differences between the two directions of observation. The right structure shows hexagonal
cells, disposed in a uniform manner, resembling a honeycomb. On the other hand, the one
at the left shows rows of quadrilateral cells. The orientation of the cells is defined by the
way cork grows. Fig. 2.13 shows an illustration of cork cells’ orientation in a section of the
bark. The axial direction is the tree’s growth direction.
Currently, with scanning electron microscopy (SEM), it is possible to precisely observe
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cork’s microstructure. An example is shown in Fig. 2.14. Cork cells present a prismatic
hexagonal geometry along the radial direction and a quadrilateral geometry in the remain-
ing directions, being piled in columns with non-aligned bases.
Figure 2.12: Hooke’s drawing of cork’s microstructure (adapted from [Hooke, 1665]).
Axial
Tangential
Radial
Figure 2.13: Illustration of cork cells’ orientation in a section of the bark (left) and a cork
cell showing its corrugations (right).
All the cells in the same column are created by the same phellogen cell, one by one.
In this same direction, the cell walls present undulations. The buckling of the cell walls is
originated by the stress created by the growth of new cork cells. These corrugations give
a high flexibility to the cell walls which determines cork’s mechanical behaviour [Anjos et
al., 2014]. Fig. 2.13 shows an illustration of a corrugated cork cell. On average, there are
around 40 million cells per cubic centimetre.
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Figure 2.14: SEM micrograph of cork, showing its cellular structure arranged in rows par-
allel to the radial direction (courtesy of APCOR).
A cork cell usually have a mean length of 45 µm, an average hexagonal base side of
20 µm and a mean wall thickness of 2 µm [Fortes et al., 2004]. Nevertheless, cork cells
dimensions and its organisation are very variable. Therefore, it is almost impossible to have
two equal pieces of cork.
In addition, the cells growth depends on the season. Cork shows a layered structure,
corresponding to the continuous growing of rings. Cells formed during spring (the main
growth period) are longer and its walls are thinner and more undulated than those formed
during autumn (the end of the growth period), which are smaller and thicker-walled [Pereira
et al., 1987]. Shorter and thicker cell walls are more resistant to bending and buckling
[Fortes et al., 2004]. Thus, as already referred, there is significant variability in the proper-
ties of natural cork.
Cork is a closed-cell material with a solid volume fraction of approximately 15% of its
total volume [Sousa-Martins et al., 2013]. The solid volume ratio is smaller than the volume
occupied by gas, which explains its lightness. Cork properties greatly depend on its relative
density and chemical composition.
Cork cell walls contain predominantly suberin in association with lignin and a lesser
content of polysaccharides and even lower of extractives [Pereira, 1988]. Suberin is a
lipophilic biopolymer greatly responsible for cork’s properties, such as impermeability to
water and gases. Suberin is practically infusible and it is insoluble in water, alcohol, ether,
chloroform, concentrated sulphuric acid, hydrochloric acid, among others. As previously
referred, cork is also composed by lignin, polysaccharides such as cellulose and hemicel-
luloses, and extractives. Typical compositions are within: 35-45% of suberin, 17-27% of
lignin, 13-23% of polysaccharides and 10-20% of extractives (% of weight) [Aroso et al.,
2015, Conde et al., 1998, Fortes et al., 2004, Pereira, 1988, Pinto et al., 2009, Silva et al.,
2005].
Simply, there are five inter-cellular layers in a cell wall: the outer layers are cellulose, two
are formed by suberin and the inner one is made of lignin. Fig. 2.15 shows an illustration
of cork cells walls structure and its constituents. The cork cell wall chemical composition
plays an important role in its compression properties [Oliveira et al., 2014]. According to
Pereira [2013], lignin is responsible for the resistance under compression and suberin is
the main contributor to the elasticity and relaxation properties.
The fact of cork being rich in suberin, makes it a highly impermeable and resilient
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Figure 2.15: Illustration of cork cells walls structure and its constituents.
material, with low thermal conductivity, being a good thermal and acoustic insulator, as
well as a good absorber and dissipater of energy. Summarising, cork has:
• low density - due to the very low solid volume ratio and the gas inside its cells, cork is
a light material. Natural cork’s density typically ranges between 130 and 250 kg/m3
[Anjos et al., 2014];
• resiliency - as cork is elastic at a cellular level, it is also very resilient;
• durability - cork is resistant to wear, thanks to its honeycomb structure, which makes
it less affected by impact or friction than other hard surfaces;
• high elasticity and compressibility - it can be compressed to high strains without losing
any flexibility and recovers its initial shape and volume almost completely as soon
as unloaded. This flexibility is given by its structure, composition and airtight cells
containing a gas mixture similar to air;
• low Poisson’s ratio - cork has a Poisson’s ratio of approximately zero. It can be com-
pressed on one side and the other two dimensions will not change. This is true for
cork agglomerates and for natural cork when loaded axially or tangentially;
• capacity to withstand impacts - cork is a good shock-absorbing material;
• low thermal and sound conductivity - cork is an excellent thermal and acoustic insu-
lator. The 40 million cells per cubic centimetre of cork make it an excellent sound and
vibration insulator as well as an excellent thermal insulator;
• very low permeability to liquids and gases - the cellular membranes are imperme-
able, protecting the cork from moisture. It is impermeable to liquids and practically
impermeable to gases, thanks to the suberin present in its composition;
• insulating and fire retardant properties - prevents the quick spreading of fire. The
slow combustion of cork makes it a natural fire retardant;
• low conductivity and antistatic - cork is a good insulator of electricity;
• appealing aesthetics and comfort - cork has appealing colour patterns and is com-
fortable to touch;
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As already referred, the cellular structure of cork is responsible for its low density. The
majority of cork’s mechanical properties is defined by its cellular structure. Suberin is
responsible for some of the cork’s mechanical properties and other characteristics such as
impermeability. This explains the vast number of existing cork applications.
Mechanical behaviour and brief literature review
Over the last decades, several studies have been made on the characterisation of cork
[Anjos et al., 2008, 2010, 2011a,b, 2014, Dart and Eugene, 1946, Fernandes et al., 2014,
Fortes and Nogueira, 1989, Gameiro et al., 2007a, Gibson et al., 1981, Jardin et al., 2015,
Sousa-Martins et al., 2013, Moreira et al., 2010, Rosa and Fortes, 1988a,b, 1991, Vaz
and Fortes, 1998]. The aim of some of these studies was not just cork’s characterisation
but also the study of its applicability in new solutions as well as its improvement in the
existing ones. In this section, the mechanical behaviour of cork is reviewed with focus on
compression.
One of the first references about cork’s characterisation was performed by Dart and
Eugene [1946], by studying the mechanical behaviour and stress relaxation of cork at
quasi-static rates and various degrees of compression. They found that the stress-time
curves for various compressions could be obtained from each other by multiplication. This
was justified by the essentially identical S-shaped load-compression curve of cork. Dart
and Eugene [1946] justified this shape with the cellular structure of cork.
At very low strains, Dart and Eugene [1946] observed a region in which Hooke’s law
holds, which means this is a linear elastic region. At slightly higher stresses, there is
a general breakdown of the structure and hence a region where compression changes
rapidly, with small stress changes, observing a stress plateau. Then, the cells collapsed
and the material itself was compressed, resulting in a steep rising of the stress. However,
and contrary to other cellular materials such as EPS, the unique thing about cork is that
after a deformation it recovers its original dimensions to a remarkable degree, as observed
by Dart and Eugene [1946].
The mechanical behaviour of cork under compression is the typical one of elastomeric
foams in compression. Generally, three regimes characterise the compression stress-strain
curve of cork [Gibson, 2005], as illustrated in Fig. 2.16:
• I - For very small strains, there is a linear elastic regime, which corresponds to cell
edge bending. In Fig. 2.16, σel represents the elastic buckling collapse stress;
• II - Within this range of strains, the compressive stress is almost constant during the
compression. In Fig. 2.16, it is possible to observe a stress plateau. This stress
plateau corresponds to progressive cell collapse by elastic buckling;
• III - For such strains, cells are collapsed throughout the material and subsequent
loading of the cell edges and faces against one another leads to high stresses.
This mechanical behaviour is the same for all types of cork. In compression, the prop-
erties of cork were found to vary with density, cellular dimensions and porosity [Anjos et
al., 2008, 2014, Gibson and Ashby, 1997, Pereira et al., 1992]. Detailed information about
cork, for instance, its growth, harvest structure, chemical composition, quality, mechanical
behaviour and properties can be found in Fortes et al. [2004], Gibson and Ashby [1997],
Gibson [2005] and Pereira [2007].
Many years later, Gibson et al. [1981] analysed the deformation characteristics of cork
cell walls and its structure by performing tensile and compression tests. Gibson et al. [1981]
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Figure 2.16: Typical uniaxial stress-strain curve of cork in compression.
justified the excellence of cork for stopping bottles, for thermal and sound insulation and
as shock-absorbing material for flooring and packaging with the shape, size and structure
of its cells. Gibson et al. [1981] added that under compressive load, cork cells walls bend
or buckle, giving large recoverable deflections and a large energy absorption capacity.
According to Gibson et al. [1981], cork’s structure and its mechanical properties can be
explained in terms of cell-wall deformation. Later, Gibson et al. [1982a,b] presented in
detail their theory about cellular materials walls deformation when subjected to different
types of loading.
Rosa and Fortes [1988a] studied the effect of strain rate on the compression behaviour
of cork, taking into account the cork’s anisotropy. Compression curves at three different
quasi-static rates were obtained for each direction (radial, axial and tangential). Rosa
and Fortes [1988a] concluded that the recovery rate decreases appreciably with time
and increases with the degree of deformation previously imposed. The same authors,
in other publication [Rosa and Fortes, 1988b], performed compression loading-relaxation-
unloading cycles on cork. A softening was observed, particularly between the first two
compressions, being explained in terms of an increased undulation of the cell walls. In
subsequent compressions, few differences were observed.
Fortes and Nogueira [1989] studied the Poisson’s effect in natural cork and determined
the Poisson’s ratio by compressing it experimentally with strains up to 30% in each of the
principal directions. Fortes and Nogueira [1989] found values of approximately zero for
compression in axial and tangential directions. A Poisson’s ration of 0.3 was obtained
for compressions in the radial direction. Fortes and Nogueira [1989] explained this effect
based on the cellular structure of cork, more specifically the cells geometry and their ar-
rangement.
Regarding the influence of cork growth, Pereira et al. [1992] studied cork samples with
different growth rates and observed by SEM a considerable difference in the amount of
cells. These samples were compressed and the results showed that the samples with
higher growth rates have lower Young’s moduli and lower strength. In other study, Fortes
and Rosa [1992] concluded that strains due to growth are not recovered when the cork
planks are removed, unless the planks are heated, for example, by immersion in boiling
water.
As already referred, characterising natural cork is a hard task since there is a significant
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amount of variables, for instance, the structural variability. Cells may have different sizes
depending on the season and the number of cells is influenced by cork’s growth rate, which
influences the mechanical behaviour [Pereira et al., 1992]. Costa et al. [2003, 2008] studied
some of these variabilities, trying to create some useful background information.
Rosa et al. [2004] performed torsion tests on cork cylinders, obtaining the correspond-
ing shear moduli and studying the effect of the torsion rate on it. In other publication, Rosa
and Fortes [1991] performed tensile tests, determining the Young’s modulus and the stress
and strain at fracture. Two fundamental mechanisms of fracture were identified: crack prop-
agation along the lateral cell walls in non-radial tension and crack propagation by breaking
the cell walls in radial tension. In addition, Rosa and Fortes [1991] concluded that the
strain necessary to fracture in the radial direction is considerably larger than in the other
directions.
Vaz and Fortes [1998] determined the friction coefficient between cork and other ma-
terials, such as glass and steel. The sliding tests were performed for various compressive
stresses and sliding velocities. The values obtained in this study ranged between 0.4 and
1.2. These high friction coefficients were explained with the contribution of some open cells
on the surface.
More recently, Mano [2002] investigated the viscoelastic properties of cork at temper-
atures ranging from -40°C to 120°C. A decrease in the intensity of the relaxation and an
increase of the storage modulus is observed when cork is previously subjected to tem-
peratures above 60°C. Later, Mano [2007] performed creep tests on cork samples under
compression at temperatures ranging between 0 and 50 °C. It was indicated that a fraction
of the strain resulting from creep is preserved permanently, especially if the load is applied
along the axial direction.
Anjos et al. [2008] studied the effect of cork quality, porosity and density on its compres-
sion properties. The direction of compression was a highly significant factor of variation,
with cork showing higher strength for the radial compression. Density influenced com-
pression, since denser cork showed overall larger resistance to compression in the three
directions. Thus, the greater the density is, the higher the Young’s modulus will be [An-
jos et al., 2008]. Regarding the effect of porosity and cork quality on cork’s compressive
behaviour, no significant difference was observed.
More recently, the density influence on cork’s mechanical behaviour under compres-
sion, as well as the subsequent recovery of dimensions were studied by Anjos et al. [2014].
Denser corks presented higher stiffness in the three directions, as previously concluded in
Anjos et al. [2008]. Regarding the dimensions recovery, an average 50% of the initial defor-
mation was recovered on the first day, and almost totally after 15 days. Anjos et al. [2014]
added that the recovery was higher for low density corks and in non-radial directions.
The behaviour of cork under tensile load is lesser documented than under compression,
mainly due to its performance under tension, easily fracturing. Anjos et al. [2011a] studied
the cork behaviour under tensile stress in the axial direction of samples with different qual-
ities and at three radial positions within the plank (inner, mid and outer positions). Anjos et
al. [2011a] found out that these are highly influential factors in cork’s tensile properties in
the axial direction. The highest strength was found for good quality cork in the inner part of
the plank. Previously, the same authors published a similar study in which cork was tested
in the tangential direction [Anjos et al., 2010]. The tensile properties were highly dependent
of the radial position in the plank.
The same authors published a study in which the behaviour of cork under three point
bending stress in the radial direction was evaluated [Anjos et al., 2011b]. The stress-strain
curves obtained in bending were similar for the different test specimens and similar to
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those observed for tensile tests in cork but the mechanical resistance of cork in bending
was higher than in tension and lower than in compression. In addition, Anjos et al. [2011b]
concluded that Young’s modulus, fracture stress and fracture strain are influenced by cork’s
density and porosity. From these publications, it is possible to conclude that fracture usually
occurs when cork is submitted to tensile or torsion loading [Anjos et al., 2011a, 2010,
2011b].
Recently, Oliveira et al. [2014] investigated the variability of the compression properties
of cork, from 10 different sites in Portugal. As in other studies, the radial direction offered
higher strength. Density, annual growth ring width and chemical composition influenced
compression. Cork samples with relatively higher suberin content required less stress for
deformation.
Although the great variability of natural cork properties, Garcia et al. [2015] evaluated
the accuracy of mathematical techniques to predict Young’s modulus, compressive stress
at 30% strain and instantaneous recovery velocity of cork. Acceptable results were only
predicted for compressive stress at 30% strain, using neural networks. The heterogeneity
of natural cork makes its modelling a difficult task. Iglesias et al. [2015] applied a math-
ematical tool to predict the tensile properties of cork in the tangential and axial direction,
indicating a reasonable prediction for both Young’s modulus and fracture stress.
Regarding cork agglomerates, Gil [1994, 1996] observed expanded cork with SEM,
prior and after different compressions. Maximum densification was achieved with a pres-
sure of 3 MPa. In other study, Teixeira et al. [1996] studied the mechanical behaviour
of agglomerated cork through compression and three-point bending tests. Moreira et al.
[2010] performed quasi-static and dynamic tests in order to characterize agglomerated cork
for vibration damping applications.
Castro et al. [2010] investigated the applicability of agglomerated cork as an ideal core
material for sandwich components of lightweight structures. Results from the experiments
revealed that cork agglomerates’ performance, essentially depends on the cork granule
size, its density and the bonding procedure used for the cohesion of granulates. Thus, as
the author concluded, these parameters can be adjusted in function of the final application
intended for the sandwich component. These findings are important for specific optimi-
sations using cork agglomerates. Castro et al. [2010] also added that for some specific
applications, cork can compete with its synthetic rivals. By comparing the specific com-
pressive strength (σc/ρ) against the specific modulus (E/ρ), cork has a better mechanical
behaviour than flexible polymer foams and is comparable to some rigid polymer foams.
Sousa-Martins et al. [2013] also investigated the applicability of agglomerated cork as
core material for sandwich structures. In this study, the sandwich structures were subjected
to blast waves from explosions. According to Sousa-Martins et al. [2013], the results indi-
cate the possibility of energy dissipation by the core, most probably due to crushing of the
cellular structure of cork.
Lakreb et al. [2015a,b] investigated the applicability of both expanded and agglomer-
ated cork as core material for eco-friendly sandwiches with face sheets made of wood. Both
solutions performed well, specially under compression, presenting a high performance. In
a different study, Lagorce-Tachon et al. [2016] analysed the effect of hydration on the me-
chanical properties of natural and agglomerated cork. For both, the Young’s modulus was
significantly and similarly affected by hydration. A review on cork agglomerates was per-
formed by Gil [2009].
In general, the mechanical behaviour of cork has been studied mainly at quasi-static
rates. This may be justified by the main cork application, which is bottle stoppers. Studies
focuses on quasi-static compressions, Poisson’s ratio, friction, the influence of humidity and
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porosity on cork. Basically, the important variables to control when using cork stoppers.
Nevertheless, cork is a material with a wide group of desirable properties. In the last
years, these attracted many researchers that tried to employ cork in new applications,
by creating new cork-based materials. For instance, Novoa et al. [1995] investigated the
mechanical behaviour of a cork modified polymer mortar in order to use cork in lighter
modified polymer concretes. Later, Alcântara et al. [2013] analysed the characteristics,
properties and behaviour of a new composite material, called Core-Y, resulting from the
combination of cork granules with an epoxy resin to be confined in tubular structures.
Many other studies, where new cork-based materials were created with different pur-
poses, may be found in the literature. For instance, Niknejad and Moradi [2016] introduced
a new composite material based on cork inserts as stiffener particles and silicone rubber
as the resin, to be used as an energy absorber. There are also other examples where the
authors were aiming for eco-friendly solutions for different applications [Fernandes et al.,
2015b, Pullar et al., 2015, Vilela et al., 2013]. More information may be found in the reviews
on new cork-based materials and applications performed by Gil [2009, 2015].
In fact, we live in a time where new sustainable solutions, including natural and environ-
mental friendly materials are extremely desirable. Thus, cork with its outstanding properties
has been used in almost everything. However, few researchers studied cork’s mechanical
behaviour when subjected to dynamic compressions.
Only in the last decade, the first investigations of cork mechanical behaviour under
impact were performed. In order to use it as an energy absorber, Gameiro et al. [2005,
2007a] performed dynamic compressions at different strain rates. Numerical simulations
of these impacts were also performed. The cork samples were compressed axially at
strain rates from 10−3 s−1 to 600 s−1. The test rig used was Split-Hopkinson Pressure
Bars (SHPBH) and both natural and agglomerated cork were tested. The same authors
inserted cork in aluminium tubes in order to increase the structure’s energy absorption
capacity [Gameiro et al., 2007b].
Some of the researchers that recently studied cork, also tried to employ it in passive
safety systems, using it as an impact energy absorber [Paulino and Teixeira-Dias, 2011,
Alves de Sousa et al., 2012, Coelho et al., 2013]. In one of these numerical studies,
Paulino and Teixeira-Dias [2011] used agglomerated cork as padding material in vehicle’s
doors in order to absorb the impact energy. This application was justified by the great
capacity of cork to absorb energy and due to its elastic recover without loss of properties.
The numerical simulation results showed that there is a significant improvement in terms
of both absorbed energy and peak acceleration.
With a similar purpose, Alves de Sousa et al. [2012] studied the viability of applying
agglomerated cork liners in a motorcycle helmet. However, it was a preliminary numerical
analysis where the material model was not validated for dynamic regimes, being validated
only for quasi-static rates, using the quasi-static experiments from Gameiro et al. [2007a].
In addition, the results were worse than a common EPS liner, concerning the helmets
standard criteria. Nevertheless, the results were promising, which launched the basis for a
more thorough work on the application of cork as a new material for advanced applications
on energy absorption systems. In other words, the basis for this thesis.
Another numerical study that explored the capacity of cork to act as an impact energy
absorber within passive safety systems and crashworthiness applications was performed
by Coelho et al. [2013]. This work focused on testing of hybrid paddings consisting agglom-
erated cork and EPS, through simulations of multi-impacts. Nevertheless, the material laws
were only validated for quasi-static compression tests and no experimental data was used
to validate the multi-impact simulations.
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In a more recent study and related to the development of this thesis, Fernandes et
al. [2014], using data from the experiments performed by Gameiro et al. [2005, 2007a],
simulated the dynamic compressive behaviour of agglomerated cork (using finite element
analysis(FEA)), including the material’s initial relaxation during the unloading. It should be
pointed out the difficulty to obtain experimental data from dynamic compressions, specially
concerning the material’s relaxation at such strain rates. Fernandes et al. [2014] validated
the constitutive models for compression and the part of the relaxation reported by Gameiro
et al. [2007a]. None of the previous numerical studies modelled cork’s relaxation when
unloaded. Until this point, only hyperelastic models were used, without simulating any type
of damage.
In addition, Fernandes et al. [2014] performed guided drop tests, by dropping a mass
from a 3 meters height. These experiments were simulated with success, using the same
constitutive models used to replicate the experiments of Gameiro et al. [2005]. In order to
obtain the proper mechanical properties for the constitutive model, Fernandes et al. [2014]
also performed quasi-static uniaxial compression tests. In compressions up to 50% strain,
the immediately recovery was 90%. Fernandes et al. [2014] also noticed that agglomerated
cork’s relaxation was faster for higher compressive strain rates.
Rosa and Fortes [1988a] reported a similar behaviour for compressions up to 80%. The
recovery rate decreased appreciably with time and increased with the degree of deforma-
tion imposed. Fernandes et al. [2014] also reported a prompt recovery of more than 95%
after submitting agglomerated cork to dynamic compressive loadings. According to Anjos
et al. [2008], when cell buckling occurs during cork compression, the initial dimension re-
covery is associated with the unfolding of the buckled cell walls which occurs quickly. This
shows the high elastic behaviour of cork and its agglomerated versions.
In other work related to the development this thesis, Jardin et al. [2015] investigated the
mechanical behaviour of several types of agglomerated cork and expanded cork, under
quasi-static and dynamic loading. The quasi-static compression tests gave an interesting
insight into the stress-strain curve of agglomerates and Poisson’s ratio variation during de-
formation, which are useful data for numerical simulations. Jardin et al. [2015] determined
low Poisson’s ratio with mean values of 0.02 and 0.08 for agglomerated and expanded
cork respectively. In addition, the results from the double impacts demonstrate a clear in-
fluence of agglomerated density and granule size on the resulting mechanical properties,
and point out a tremendous potential for this sustainable material to be tailored to fit diverse
crashworthiness applications.
The most promising agglomerates from Jardin et al. [2015] were used in Fernandes
et al. [2015], another work related to this thesis. In this study, Fernandes et al. [2015]
compared the mechanical performance of agglomerated cork and expanded cork against
synthetic materials typically used as impact energy absorbers, more specifically EPP and
EPS. Thus, Fernandes et al. [2015] performed the same quasi-static and double impacts
on EPS and EPP, as Jardin et al. [2015] on cork. In addition, the double impacts performed
by Jardin et al. [2015] and Fernandes et al. [2015] were simulated with success, using the
same constitutive models used in Fernandes et al. [2014]. Results showed that agglom-
erated cork is an excellent alternative to the synthetic materials. In addition to the fact of
being a natural and sustainable material, agglomerated cork has the capacity to withstand
considerable impact energies. Also, its capacity to keep some of its mechanical proper-
ties and dimensions after loading, makes this material highly desirable for multiple-impact
applications.
Recently, Sanchez-Saez, et al. [2015b] studied the multi-impact behaviour of agglom-
erated cork by performing consecutive impacts (three impacts per sample) in a drop weight
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tower. The impact energies were lower than the impacts performed by Fernandes et al.
[2014], Gameiro et al. [2007a], Jardin et al. [2015] and Fernandes et al. [2015]. Neverthe-
less, the results showed the great capability of agglomerated cork to continue absorbing
energy after three consecutive impacts.
In other study, with even lower impact energies, Galindo-Rosales et al. [2015] engraved
a network of microchannels in agglomerated cork samples and filled these with a non-
Newtonian fluid. The author tried to combine the mechanical properties of agglomerated
cork with the enhanced shear thickening response of the non-Newtonian fluid.
2.2 Helmets
Since ancient times, helmets have been used as a primary form of protection. Helmets
were introduced as combat armour, protecting the head in combats. Following the evolution
of societies, materials and manufacturing techniques became more advanced. Therefore,
helmets have evolved over the ages, still being used in modern warfare.
Helmets did not just evolve, they have diversified, being used in all sort of applications.
Independently of the application, all types of helmets are designed to protect the head
against impacts. Nevertheless, different types of helmets present different designs due to
the requirements of each application.
The concept of a hard shell dates back to ancient Greek time. It was realized that a hard
shell was needed, not only to prevent the penetration of sharp objects, but also to distribute
the applied force and thereby reduce the localization of the impact load, improving the force
distribution. Over the centuries, helmets with metal shells were used in wars all over the
world. For instance, the helmets worn by soldiers in World War II.
At some point, in the early 20th century, new structures started to be used under the
shells. This new feature increased the helmets capacity to absorb and distribute impact
energy more effectively [Newman, 2005]. This new device was the solution to the need of
introducing a good impact energy absorber in order to reduce the inertial loading on the
head and thus, reduce the probability of injuries due to induced accelerations.
At this stage, helmets were still very similar to each other, with some exceptions regard-
ing the military helmets. Nevertheless, hard shells for racing drivers and for other sports
were already made of materials other than metals, such as linen impregnated with varnish
resins. In 1939, the first helmet with a moulded plastic shell was introduced by Riddell for
American football practise [Newman, 2005].
There was almost no difference between helmets until the middle of the 20th century,
when it was recognized the specific risks of each application. For instance, motorcyclists
deal with one-time life threatening blow that can occur easily in a road accident [Newman,
2005]. On the other hand, in contact sports such as ice hockey and American football,
players deal with repetitive impact loading throughout an entire game.
At this point, Holbourn [1943, 1945] performed important studies from which he under-
stood that non-penetrating head injuries are caused by short-duration accelerations acting
on the head and on its contents. These injuries are a common and dangerous form of
head injuries resulting from road accidents and sports activity, being often caused by blunt
impacts.
One decade later, Turner and Havey [1953] introduced the padding of modern helmets,
which consisted in a resilient closed-cell rubber foam placed under the shell in order to
dissipate impact energy effectively. However, this design was relatively heavy. In the same
year, Roth and Lombard [1953] presented the modern helmet as it is known today. Fig.
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2.17 shows an illustration of this helmet. The shell was manufactured by four layers of fibre
glass and several materials were used as liner, such as EPS and PU foam. Currently, EPS
is the most used material as helmet liner, mainly due to its properties (cheap, relatively
easy to manufacture and a good energy absorbing material).
Figure 2.17: Roth’s and Lombard’s crash helmet (adapted from Roth and Lombard [1953]).
With the awareness of the head injury risk associated with some sports, works and road
accidents and the improvement of safety conditions in developed countries, new types of
helmets were created. These are usually constituted by similar liners, made of the same
materials. The main differences between helmet types are in the helmets geometry and
shell material.
In addition, for each of these new applications, organisations were created with govern-
mental authorization to regulate a specific helmets market. Currently, each type of helmet
has its own safety standard. Nevertheless, the vast majority of helmet safety standards are
similar to each other, especially in what concerns the certification tests.
This means that helmets evolution was influenced by the criteria of these standards. For
instance, Snively [1957], founder of the Snell Memorial Foundation (SMF) that is responsi-
ble for Snell standards, had a profound impact on modern helmet design and performance
by showing that the only helmet that didn’t allow a life threatening skull fracture was a hel-
met made by Roth and Lombard [1953]. The main difference between this and the other
helmets was its EPS liner.
Currently, modern helmets are capable of distributing the impact load over a large area
of the head, reducing the total force that reaches the user’s head. Nevertheless, some
substantial improvements are still possible [COST327, 2001]. Some researchers have
criticized specific helmet standards for being outdated and thus, not improving helmets
quality [Newman, 2005].
Statistics show that the adoption of laws or rules that compel the use of helmets resulted
in a considerable number of lives saved. In 2008, 42% of fatally-injured motorcyclists (822
deaths) in the USA were not wearing helmets and it is estimated that the majority would
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have survived if they had worn helmets [NHTSA, 2011]. It is also estimated that motorcycle
helmets are 37% effective in preventing fatal injuries [NHTSA, 2008]. Nevertheless, the
number of fatalities and head injuries resulting from helmeted impacts is still a concern.
As shown in Fig. 2.18, head injuries occurred in 66.7% of the cases of COST database
[COST327, 2001] and the majority of these injuries were severe.
Figure 2.18: Injured body regions of helmeted motorcyclists (adapted from COST327
[2001]).
Head injuries resulting from helmeted impacts also occur in a great variety of sports.
Some examples are motorsports, cycling, skiing and other winter sports, horse riding,
mountaineering, skateboarding and many other extreme sports, and most of the contact
sports such as ice hockey and American football. Sports are a major cause of traumatic
brain injury (TBI) [Levy et al., 2012]. Worldwide, it is estimated that approximately 1.6-3.8
million sport-related TBI occur each year [Collins et al., 2003, Langlois et al., 2006, Schulz
et al., 2004].
For instance, in a total of 7210 patients with equestrian-related injuries, head injuries
accounted for 44% of injuries, including one death, one vegetative state and other patients
requiring rehabilitation [Hughes et al., 1995]. In other study, Ball et al. [2007] reported a 7%
mortality rate of a total 151 injured patients on horse riding and all fatalities were a result of
the 48% head injuries. As in equestrian activity, there are other sports where helmets are
used for protection but there is still a high risk of head injury, mainly due to the high impact
energies in these sports. Some examples of these are skiing, snowboarding, cycling and
automobile and motorcycle racing.
Studies identify the head as one of the most frequently injured body regions among
skiers and snowboarders [Macnab and Cadman, 1996, Yamakawa et al., 2001] and con-
cussion as the most frequent outcome [Levy et al., 2002]. In addition, in a total of 350 skiers
and snowboarders, Levy et al. [2002] reported that 14% suffered severe brain injuries, with
an overall mortality rate of 4%. Severe injuries are also common in motorsports, probably
due to the very high speeds that can be reached [Siegel et al., 2001]. In motorcycle rac-
ing, 10-30% of all injuries are head injuries and 25% of these are severe and even mortal
[Varley et al., 1993].
Head trauma was reported in 29% of all injuries in professional auto racing, with open
head injuries comprising only 5% [Trammell and Olivary, 1991] and closed head injuries,
such as diffuse axonal injury (DAI), being common [Gennarelli, 1987]. Probably due to the
helmet usage, closed head injuries are very common in motorsports [Lister et al., 1998].
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Although cycling is not a motorsport, head injuries are common and account for most of the
fatal accidents [Mellion, 1991]. A study based on 13684 cyclist casualties estimated that
about two-thirds of the severe injuries (122 cases) were head injuries [Amoros et al., 2011].
According to Monea et al. [2014], the most frequent head injuries resulting from bicycle
accidents include skull fracture, acute subdural haematoma (ASDH), cerebral contusions
and DAI.
In addition, exposure to repetitive head impacts is common in several contact sports and
it has been suggested as a possible cause of chronic brain injury [Chamard et al., 2012,
Koerte et al., 2012a,b, Mori et al., 2006]. In one football season, Delaney et al. [2000]
suggested a 45% concussion incidence rate, with a 70% incidence of multiple concus-
sions. Concussion is also reported as the most common ice hockey-related injury [Honey,
1998, Tegner and Lorentzon, 1996]. Severe brain injuries such as epidural haematoma
and subdural haematoma (SDH) are rare, but also reported [Honey, 1998].
The following sections will give a detailed overview on the developments carried out
so far on the content of safety helmet technology. First, it is presented some insights
regarding helmet design and how it protects its user under impact. The influence of the
helmet main components is discussed, regarding mainly their geometry and materials. In
addition, the different types of helmets existing nowadays and the standards associated to
each type are reviewed, focusing on their influence on design, manufacture and testing,
and a summarized comparison between them is also performed. New helmet solutions
and new design concepts are also approached.
Finally, it is performed a literature review on studies where the finite element method
(FEM) was used to investigate helmets. More information about helmets can be found in
Fernandes and Alves de Sousa [2013a]. This state-of-the-art review article is related with
the development of this thesis.
2.2.1 Components, design and materials
A typical modern helmet is composed by a hard outer shell, an impact energy absorbing
liner, a comfort padding and a retention system (Fig. 2.19). In some cases, for instance
in motorcycle helmets, there is also a visor. This is usually made of a transparent material
such as polycarbonate (PC) in order to shield the face from dust, debris and even from bad
weather conditions, providing a clear vision. Besides protecting the head, helmets have to
be comfortable, by insulating and shielding.
Helmets are the most common and best protective headgear to prevent head injuries
caused by direct cranial impact [Chang et al., 2003]. Essentially, the purpose of protective
helmets is to prevent head injury by decreasing the amount of impact energy that reaches
the head, reducing the severity or risk of injury [Deck et al., 2003a, Liu et al., 2003]. Hel-
mets protect the head by absorbing the impact, cushioning the head. In order to have a
perception of how a helmet behaves during an impact, it is necessary to understand all the
mechanisms involved.
Regarding the impact performance, helmets can be divided into two main parts. There
is a hard outer shell that distributes the impact force on a wider area of the liner, reducing
the localization of the impact load and increasing the energy absorption. Therefore, reduc-
ing the total force that reaches the head and the likelihood of injuries such as skull fractures
[Shuaeib et al., 2002b]. In summary, the outer shell is responsible for:
• spreading the impact load over a larger area, therefore reducing the concentrated
load and increasing the amount of energy absorbed by having a larger area of the
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liner effectively absorbing energy;
• preventing penetration by a pointed or sharp object that might otherwise puncture the
cranium;
• providing a structure to the inner liner so it does not disintegrate upon abrasive con-
tact with the pavement or other surfaces. The foams used as liner materials have low
resistance to penetration and abrasion as showed by Richter et al. [2001]. Thus, one
of the shell’s primary roles is to provide integrity against multiple impacts;
• absorbing the initial shock. However, just a small amount of energy is absorbed. From
the literature, there are several values determined, such as 30% of the total impact
energy [Mills, 1995], 10-30% of the total energy [Gilchrist and Mills, 1994a,b, Mills and
Gilchrist, 1991], 12-15% in a study performed by Ghajari et al. [2009b] and a higher
value of 34% was determined Di Landro et al. [2002]. The discrepancies among
these values may be explained by the different shell materials and geometries, and
the different impact conditions.
Figure 2.19: An illustration of a helmet and its main components: shell, impact energy
absorbing liner (dark gray), comfort padding (light gray) and chinstrap.
The other main component is the energy absorbing liner. The purpose of this inner liner
is to absorb the great amount of impact force that was partially absorbed and dispersed by
the outer shell. The liner absorbs the impact energy by deforming and thereby reducing
the head deceleration and thus, the load transmitted to the head. Therefore, a helmet liner
is generally made of an excellent impact energy absorbing material in order to reduce the
inertial loading on the head, reducing the likeliness of injuries due to induced accelerations,
such as brain injuries.
Closed head injuries are examples of this type of brain injury, being the commonest
form of injuries from helmeted impacts. These injuries occur due to relative motion of the
brain inside skull, without skull fracture. This behaviour is explained by the brain consis-
tency and by the cerebrospinal fluid (CSF) that surrounds it, which enables the brain to
move relatively to the skull. In this sense, when an impact occurs and the helmet’s energy
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absorption capacity is not enough, the skull stops suddenly but the brain keeps moving due
to inertia. From these collisions and relative motions, severe brain injuries may occur due
to brain tissue shearing, which may cause internal bleeding. This bleeding and consequent
inflammation causes brain swelling, which leads to high intracranial pressures. These and
other head injuries and their mechanisms are addressed in the section 2.3.
In addition to the energy absorbing liner, there is another type of padding inside the
helmets. Comfort padding is usually used to fit the helmet comfortably. This consists in a
sufficiently firm foam covered by a fabric layer that contacts and surrounds the head. This
comfort foam is generally made of soft and flexible foams with low density, such as open-
cell PU or polyvinyl chloride (PVC) [Brands, 1996, Chang et al., 2003, Gilchrist and Mills,
1993, Mills, 2007, van den Bosch, 2006].
In summary, this foam keeps the comfort and the adequate helmet fitting [Gilchrist et al.,
1988, Gilchrist and Mills, 1993, van den Bosch, 1998]. As a result of its low stiffness, the
comfort foam deforms completely without absorbing any relevant amount of energy, and
therefore, has no influence in impact protection [Beusenberg and Happee, 1993, Cernicchi
et al., 2008]. Manufacturers generally produce foams with different thicknesses for each
helmet size, improving the helmet wearing stability [Chang et al., 2001].
Helmets usually have some kind of ventilation system involving holes in shell and chan-
nels in the liner. The ventilation system ensures that fresh air is conducted into the helmet
and humidity and exhaled air are vented out, decreasing temperature inside the helmet.
A study performed by Pinnoji and Mahajan [2006] indicates that the ventilation channels
grooved in liner are not detrimental to the dynamic performance of helmets.
Helmets also have a retention system known as chinstrap, which keeps the helmet
attached to the head. All types of helmets have a retention system and the chinstrap is
usually made of polyethylene terephthalate (PET) or nylon. The retention system generally
consists of a strap bolted to each side of the outer shell. Nevertheless, there are records of
a considerable number of roll off helmets even with the chinstrap intact and closed [Richter
et al., 2001], leaving the head unprotected from any following impact. A complete descrip-
tion of the manufacturing process of each helmet component can be found in Shuaeib et
al. [2002c].
Design
The performance of a helmet during an impact is mostly affected by its design [Aare, 2003].
Post et al. [2012b] performed impact tests on American football helmets, concluding that
it is possible to significant influence the strains incurred by the brain by changing some
design characteristics of a helmet.
The liner material properties and its thickness are important variables in order to de-
celerate the head at a mild rate as it compresses the liner. Thicker foams remain in the
plateau regime of the stress-strain curve for longer compression lengths [Kim et al., 1997].
However, a helmet cannot be excessively thick due to practical and aesthetic constraints
[Shuaeib et al., 2002b]. A typical liner, depending on the helmet type, is usually between
25 and 60 mm and is also limited by comfort and shape constraints [Yettram et al., 1994].
In addition, the use of a thick liner increases both the volume and mass of the helmet, with
obvious disadvantages with respect to loading of the cervical spine [Huang, 1999, Huston
and Sears, 1981] and inertial loading of the brain.
Shuaeib et al. [2007] indicated foam density and foam thickness as the most contribut-
ing factors in preventing head injury. Therefore, it is important to find the perfect balance
between the density and the thickness of the inner liner. For instance, if the liner is too soft
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or thin, the head may crush it completely upon impact, stopping the head suddenly and
resulting in high accelerations induced to the brain. On the contrary, if a liner is excessively
dense, the head will be decelerated more abruptly than necessary. Thus, the ideal liner
is stiff enough to decelerate the impact in a smooth and uniform manner, until its limit is
reached. However, the ideal stiffness depends greatly on the impact speed [Chang et al.,
2000, 2003, Gilchrist and Mills, 1994a, Mills and Gilchrist, 1991, Yettram et al., 1994].
In the studies performed by Deck et al. [2003a] and by Deck and Willinger [2006], they
concluded that the elastic limit of the energy absorbing foam has a greater influence on
acceleration response but its Young’s modulus has the most important influence on head
response. The liner density is also an important property because the yielding stress at
which the foam crushes is directly related to it [Gibson and Ashby, 1997].
In practice, manufacturers design the helmets based on the impact energies specified
by the standards in their energy absorption tests. For instance, the ECE 22.05 standard,
which is a motorcycle helmet standard, specifies an impact velocity of 7.5 m/s for their tests.
Richter et al. [2001] reported that the range of the most common head impact speeds in
real crashes is 5.83-8.33 m/s. Mills [2007] agree that most crashes occur at a range of low
impact velocities, adding that helmets cannot prevent all injuries, as some crashes are too
severe for any wearable helmet.
Bourdet et al. [2012] reported that current motorcycle helmets are very effective for
moderate speed impacts, but its protection reaches its limits at higher energies, where
helmet deformation reaches its limits. This is supported by the analysis conducted in the
COST 327 project [COST327, 2001], which shows that serious injuries occur at impact
speeds above 13.89 m/s, almost the double of those considered on the most demanding
standard tests. Bourdet et al. [2012] and Mellor and StClair [2005] postulated that if hel-
mets could be made to absorb more energy, the number of injuries and its severity can be
reduced.
Furthermore, van den Bosch [2006] showed that the optimal liner density may depend
on multi-density solutions, using different densities for different regions. Gilchrist and Mills
[1994a] demonstrated that shell geometry has influence on the shell stiffness, as helmet
shells are stiffer when loaded at the crown, since that site has a double-convex curvature
and is distant from any free edges. Hence, soft liners should be located in the crown region
with the objective of compensating high shell stiffness and attempting to make helmet im-
pact response site-independent [Mills et al., 2009a]. Besides geometry, the exterior finish
of the shell is also important, influencing the friction against the impact surface, which has
a tremendous effect on the rotational acceleration [Halldin et al., 2001, Mellor and StClair,
2005, Phillips, 2004].
As previously referred, helmets design is influenced by standards requirements [Chang
et al., 1999b, Gilchrist and Mills, 1987, Hopes and Chinn, 1989, Kostopoulos et al., 2002,
Yettram et al., 1994]. Some of these studies showed the influence of a few standards
requirements, such as the penetration test of Snell M2015 [Snell M2015, 2015] and BSI
6658 [BSI, 1985], concluding that these tests force helmets to be designed with stiffer
shells, leading to higher acceleration values. In fact, this could result in a helmet with a
thick shell that typically weights about 6-8 times more compared to the liner [Shuaeib et
al., 2002b]. This aspect was also criticized by Hume et al. [1995], since the frequency of
accidents involving sharp objects is extremely small, and this test causes the outer shell of
the helmet to be excessively thick, resulting in a heavier helmet. Otte et al. [1997] and Mills
[2007] concluded exactly the same. Nevertheless, some standards do not require this type
of test, such as ECE 22.05 [ECE R22.05, 2002]. Helmet shells are typically 3-5 mm thick,
considering the currently used materials [Mills, 2007].
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Helmet improvement is also achieved by defining an adequate material [Bourdet et
al., 2012]. The force generated when a helmeted head impacts, depends on the mate-
rial compressive characteristics, its strength and on the loaded area size [Zellmer, 1993].
Nevertheless, what a helmet designer normally changes to affect helmet response is foam
thickness, foam material and shell material [DeMarco et al., 2010].
Materials
Generally, the shell is made from thermoplastic materials such as polycarbonate (PC) or
acrylonitrile-butadiene-styrene (ABS), or from composite materials such as carbon fibre,
Kevlar® or fibre-reinforced plastics (FRP) such as glass fibre reinforced plastic (GRP) and
carbon fibre reinforced plastic (CRP). The shells made of thermoplastics materials are
isotropic while the FRP shells show an anisotropic behaviour in the plane of the shell [Mills
and Gilchrist, 1992]. The most common FRP is GRP, commonly known as fibreglass.
GPR is a relatively cheap material with a fairly good mechanical performance [Tinard
et al., 2012a]. Nevertheless, thermoplastic shells are even cheaper when compared with
the composite ones. Carbon fibre and Kevlar® are normally used for the most advanced
helmets [Cernicchi et al., 2008]. Helmet shells made of advanced composite materials
are progressively substituting the thermoplastics ones. However, composite materials are
generally more expensive and their application is still evaluated in a cost-benefit basis.
During an impact, the shell may also absorb some energy during impact [Liu et al.,
2003, Pinnoji and Mahajan, 2010]. This fact makes composite materials desirable, since
composite shells may absorb energy through damage mechanisms such as matrix crack-
ing and delamination [Maimi et al., 2011]. The main advantage of using composite outer
shells lies in their capability of absorbing more energy through damage in comparison with
thermoplastic shells. Thermoplastics shells may absorb energy by plastic deformation,
usually involving fractures. However, it is a relative small amount compared to composite
shells, mainly due to its main forms of damage, matrix cracking and delamination.
Such behaviour cannot be achieved at low energy impacts, showing a dependence of
composite shells on the impact energy, which is greater than the thermoplastic ones [Mills
and Gilchrist, 1991]. Gilchrist and Mills [1994a] showed that to occur delamination a great
amount of impact energy is necessary. Nevertheless, at higher energy impacts, composite
shells provide substantial protection by improving the impact energy absorption capacity of
the helmet system [Kostopoulos et al., 2002]. Therefore, at high energy impacts, composite
shells are more effective. Kostopoulos et al. [2002] studied different composite shells and
the one made of Kevlar® performed better, exhibiting a much higher absorbed energy and
increasing the energy absorbed by the liner. In another study, Mellor and Dixon [1997]
carried out experiments on helmets with GRP shells in order to investigate the influence of
the impact surface shape, concluding that for kerbstone anvils and edgy surfaces, the GRP
shells effectively spread the load, and better than on flat surfaces.
On the other hand, at low energy impacts, a thermoplastic may be more effective, hav-
ing better protective characteristics with softer shells, as demonstrated by Markopoulos et
al. [1999]. This finding is also present in other studies [Chang et al., 2000, 2003, Gilchrist
and Mills, 1994a, Mills and Gilchrist, 1991, Yettram et al., 1994]. Stiffer FRP shells are
often used in combination with a low-density EPS foam, whereas the softer PC and ABS
shells are usually combined with high-density EPS foam [van den Bosch, 2006].
Nevertheless, the shell stiffness has an important influence in the overall dynamic per-
formance of the helmet. The stiffness of FRP shells is higher than the stiffness of a ther-
moplastic shell made of Polycarbonate (PC), as demonstrated by Beusenberg and Happee
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[1993]. By comparing both experimentally, the stiff FRP shell showed only minor deforma-
tion, maximising the liner loaded area and thus, the impact energy was predominantly
absorbed by liner deformation. Gilchrist and Mills [1994a] studied the deformation mecha-
nisms of ABS and GRP and concluded the same as Beusenberg and Happee [1993], that
composite shells deform less than the thermoplastic ones. Moreover, fibre-based materi-
als had a much lower fracturing rate, whereas plastic shells fractured more often and the
rebound of a helmet with a thermoplastic shell is much higher than a fibreglass helmet,
which makes the thermoplastic one less effective and thus less safe [Aare, 2003].
Currently, the most common material used as liner in safety helmets is EPS. This syn-
thetic cellular material has excellent shock absorption properties and a convenient cost-
benefit ratio [Di Landro et al., 2002]. This is the main reason why EPS is widely used by
the majority of the manufactures, with rare exceptions. Densities applied in helmets vary
from approximately 30 to 90 kg/m3 [Brands, 1996, van den Bosch, 2006]. EPS absorbs the
impact energy through its capacity to develop permanent deformation by crushing (foam
collapsing). High-density EPS is able to absorb larger amounts of energy than low-density
EPS, but transfer larger forces to the head [Di Landro et al., 2002]. Nevertheless, to obtain
the same energy absorption, lower thickness of high-density foam is sufficient [Di Landro
et al., 2002].
Although this type of foam has an excellent first impact performance in case of a sub-
sequent impact in the same area, the protection level offered by EPS would be minimal
since the material deforms permanently without elastic recovery [Gilchrist and Mills, 1994b,
Shuaeib et al., 2002b,c, 2007]. Thus, its energy absorption capability is significantly de-
creased after a first impact, particularly in high energy impacts. Although EPS is widely
used by the majority of helmet manufactures, this material is not perfect, and new materi-
als and solutions have been proposed. These are reviewed in section 2.2.4.
Statistical results pointed out that helmets are effective in reducing fatalities and se-
vere injuries [Shuaeib et al., 2002a]. However, the brain injuries that result from induced
accelerations are still a problem, mostly the rotational acceleration that remains underesti-
mated, specially by main helmet standards [Johnson, 2000, Richter et al., 2001, Willinger
and Baumgartner, 2003a,b]. Nowadays, some researchers criticise this aspect in stan-
dards and also some of their outdated requirements. These are reviewed in section 2.2.3.
In helmet optimisation studies, Deck et al. [2003a] and Deck and Willinger [2006] affirmed
that nowadays helmets are designed to just reduce the linear headform deceleration. Thus,
there are still needs of improvements respecting helmet design.
2.2.2 Types of helmets
Nowadays, helmets are used in several applications. There are different helmets for dif-
ferent activities. Independently of the application, helmets are constituted by similar liners,
which are usually made of the same material. The main differences between helmet types
are in its geometry and shell material. Currently, there are several types available in the
market, even within the helmets for the same application. This is the case of motorcycle
helmets, which can be classified into four types:
• Full face helmet;
• Modular Helmet;
• Open face or jet helmet;
• Half Helmet.
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Full Face
Full face motorcycle helmets are by far the most common type of helmet [MAIDS, 2004,
Richter et al., 2001]. A full face helmet covers the entire head, protecting also the face.
The fact that full face helmets cover the entire head means that they are among the safest
types of helmets, providing extra strength around the entire skull. Fig. 2.20 shows the main
types of motorcycle helmets, including full face helmets.
Full Face 
Open Face/ Jet 
Modular 
Figure 2.20: Main types of motorcycle helmets (adapted from Silva [2016]).
However, the fact that full face helmets involve the entire head may have some disad-
vantages such as heat. Also, they are one of the heaviest types helmets, mainly due to
the shell, which covers a larger area. This aspect can be detrimental in a crash due to
inertial loading on the neck and brain [Huang, 1999, Huston and Sears, 1981]. Neverthe-
less, the COST 327 final report [COST327, 2001] and Richter et al. [2001] showed that
approximately 16% of helmet impacts are at the chin area. Otte [1991] also concluded that
impacts on the face and jaw areas are common in motorcycle crashes.
In addition, Chang et al. [1999a, 2000], Mills [1996] concluded that full face helmets
offer an essential protection and that its energy absorbing capacity could be improved by
placing a liner in the chin area. Currently, some helmets already have a rigid foam in this
area Mills [2007]. According to Mills et al. [2009a], for frontal impacts, this foam came into
play. Thus, wearing a helmet with less coverage eliminates that protection. According to
the COST 327 final report [COST327, 2001] and Aare [2003], full face helmets offer better
protection than the others.
Modular helmet
A modular helmet is a combination between full face and open face helmets. When fully
assembled and closed, it resembles a full face helmet by covering the face. This part may
be pivoted upwards to allow access to the face, as in an open face helmet, which is a great
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advantage in terms of comfort and practicability, as shown in Fig. 2.20. However, this same
mechanism makes this type of helmets the heaviest type.
Although modular helmets do look the same as full face helmets, they might offer less
protection at the chin area. Nevertheless, there aren’t scientific studies that assess the
protective capacity of modular helmets for face impacts. The actual state of the standards
contributes somehow to this. The DOT standard does not require chin guard testing. The
ECE 22.05 allows the certification of modular helmets with or without face impact test,
since it is only indicated if the helmet protects the chin area. Nevertheless, Snell tests this
region, and modular helmets are not an exception. Snell certified a modular helmet for the
first time only in 2009, the Zeus ZS-3000.
Open face helmet
Open face helmets, also known as jet helmets, cover almost the entire head, except for part
of the face, leaving for instance the chin area unprotected, as shown in Fig. 2.20. Thus, a
jet helmet provides the same protection as a full face helmet, except when the impact is to
the face [COST327, 2001]. Hitosugi et al. [2004] observed that users of open face helmets
are significantly more likely to sustain severe head injuries, specially brain contusions, than
users of full face helmets.
This helmet style is the most common among all helmet types. Fig. 2.21 shows some
of the different types of open face helmets according to the application. Open face helmets
are used in almost all applications, since sports such as American football and ice hockey
to equestrian and winter sports. Even military helmets use this style, although with some
differences such as the used materials. One application with a different style is cycling,
albeit bicycle helmets are also open face helmets, they have have a different geometry. In
addition, there are other types of helmets with different geometries. For instance, the safety
helmets used in constructions, which resemble hard hats and also the already referred full
face helmet used by motorcyclists and racing drivers.
Half helmet
Half helmets have an even reduced coverage than jet helmets, without a lowered rear. The
half helmet barely provides the minimum coverage generally allowed by some standards,
by covering only the top half of the cranium. This issue is also highlighted by Shuaeib et al.
[2002a], where the half-shell helmet is considered the most vulnerable to impacts at lateral
and back head regions.
In addition, this type of helmet is known for easily coming off during impacts, which led
to its prohibition in some countries [DeMarco et al., 2010]. A recent study evaluated the
effectiveness of different styles of helmets, including half-coverage, open-face and full-face
[Yu et al., 2011]. The riders involved in crashes wearing half helmets were twice more
likely to have head injuries than riders wearing full face helmets or even open face helmets.
Thus, it can be said that less coverage is equal to less protection provided by a helmet.
2.2.3 Helmet safety standards
Helmet standards have been established in many countries to evaluate the protective per-
formance of helmets. Some standards are regulated by governments, like in Europe and
North America, but in other countries they are issued by private organizations. These stan-
dards prescribe a number of tests to ensure that a helmet satisfies the safety requirements.
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Figure 2.21: Different types of open face helmets (adapted from Silva [2016]).
All standards have different requirements, but the majority of them are similar to each other,
specially in what concerns the evaluation of helmets impact performance.
Currently, each type of helmet has its own safety standards. Standards also evalu-
ate other parameters such as comfort, ventilation, weight and fitting, among many others.
Nowadays, all helmets are designed, manufactured and tested to meet the standards re-
quirements. Therefore, the performance tests required by any standard eventually influ-
ence helmet design. Currently, it is well known that helmets substantially reduce head
injury, being safer to wear a helmet rather than none. Nonetheless, today’s helmets are pri-
marily designed to reduce headform linear deceleration, instead of being optimised to pre-
vent head injury [Aare et al., 2003, Deck et al., 2003a, Forero Rueda et al., 2011, Kleiven,
2007a, Tinard et al., 2012b]. The following subsections address the requirements of the
main safety standards.
Motorcycle helmet standards
In order to evaluate the performance of motorcycle helmets, standards have been estab-
lished in many countries. Motorcycle helmet standards are usually regulated by govern-
mental institutions and in rare cases by private ones, such as SMF. In Europe, motorcycle
helmets are regulated by ECE 22.05 [ECE R22.05, 2002]. This is the most widespread
helmet standard, required in over 50 countries worldwide [Pratellesi et al., 2011]. Also in
Europe, specifically in the United Kingdom, there are to options: a motorcycle helmet has
to meet the requirements of ECE 22.05 or the BSI 6658 [BSI, 1985]. According to Newman
[2005], this standard represents the state-of-the-art in performance specifications, partly
due to its criteria.
In the USA, motorcycle helmets have to meet the requirements of DOT FMVSS 2188
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standard. In addition, some manufactures may try to certify their helmets accordingly to a
private standard, the Snell M2015 [Snell M2015, 2015]. These four are the main motor-
cycle helmet standards. The helmets approved by these standards are not just motorcy-
clists, these are valid for other activities, for instance, snowmobiling, motocrossing, karting,
among many others.
Overall, standards are different from each other but similar in their primary goal which is
assessing the helmet performance. These standards prescribe a number of tests to ensure
that the helmets satisfy the safety requirements. Almost all the standards follow the same
concepts in evaluating the effectiveness of the helmets during an impact, which are:
• the helmet has to be able to absorb enough impact energy;
• it has to remain on the head during the impact;
• it must resist to penetration.
The last updates from Snell M2015 and DOT FMVSS 2188 standards were attempts to
approach the ECE 22.05 requirements. Similarities between standards are well accepted
and useful for manufacturers that have the possibility to sell the same helmet in countries
regulated by different standards, without deep design changes. However, differences are
still considerable, which makes it possible to have a helmet approved by one standard
and rejected by another. For instance, double impact is required by Snell M2015 and
DOT FMVSS 2188, while ECE 22.05 only requires a single impact. In the specific case of
motorcycle helmets, it can be argued that double impacts at the same area are not frequent,
but the requirement is an acceptable procedure for providing a safety margin [Thom et al.,
1998]. A short summary of the tests performed by each standard is presented in table 2.1.
Since the focus of this work is the helmets impact performance, only the impact tests are
thoroughly reviewed, specially the ones required by the European standard.
Table 2.1: Overview of motorcycle helmet standard tests.
XXXXXXXXXXXTest
Standard
ECE 22.05 Snell M2015 DOT FMVSS 218 BSI 6658
Impact X X X X
Penetration X X
Retention X X X X
Roll off X X X
Rigidity X
Friction X X
Prior to all the tests, helmets must be conditioned, by being exposed to ambient tem-
perature, low temperature and high temperature conditioning. Other types of conditioning
such as ultraviolet irradiation moisture conditioning are also performed. Penetration tests
have been criticized by Hume et al. [1995] since the frequency of motorcycle accidents in-
volving pointed objects is extremely small and this test causes the outer shell of the helmet
to be excessively thick leading to heavier helmets. Otte et al. [1997] conducted a statistical
study and his findings supported the conclusions of Hume et al. [1995].
A comparison between standards, regarding the impact tests, is performed by sum-
marising the impact conditions and failure criteria in table 2.3. In these tests, a flat anvil
is typically used, due to the fact of flat surfaces being the most impacted in real crashes,
which is usually the road [Gilchrist and Mills, 1994b, Shuaeib et al., 2002a, Vallee et al.,
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1984]. More anvils are used for test purposes, such as the kerbstone anvil (ECE 22.05),
the hemispherical anvil (BSI 6658, DOT FMVSS 218 and Snell M2015) and the edge anvil
(Snell M2015).
The shock absorption test is designed to ensure that helmets retain structural integrity
and attenuate impact energy during a variety of crash scenarios. In all standards, tests are
performed in a specially designed test rig. The helmets are dropped by gravity in a guided
free fall accelerating the helmet-headform system until a required speed. By varying the
drop height, the energy level of the test can be easily adjusted and precisely repeated.
During the impact test, the acceleration is measured and recorded thanks to a built-in
triaxial accelerometer positioned at the centre of gravity (COG) of the rigid headform. The
headforms mass and size specified by the standards are nearly the same. For instance,
the dimensions of ECE 22.05 and Snell M2015 headforms are based on the ISO-DIS-6220
standard [International Standards Organisation, 1983], with their mass increasing with their
size. Fig. 2.22 shows the ECE 22.05 headform schematics and table 2.2 presents the
mass values for each size. This headform differs from the others by having a short neck.
In addition, DOT FMVSS-218 standard employs partial headforms instead of a headform
resembling the entire head. In addition, Gimbel and Hoshizaki [2008] concluded that head-
form’s mass plays a significant role in the helmet performance.
Table 2.2: General characteristics of ECE R22.05 test headforms
Symbols Size [cm] Mass [kg]
A 50 3.1 ± 0.10
E 54 4.1 ± 0.12
J 57 4.7 ± 0.14
M 60 5.6 ± 0.16
O 62 6.1 ± 0.18
The helmeted headform fall is guided by either a steel track or a pair of steel cables.
That guiding system adds friction to slow the fall slightly, so the test technician corrects by
raising the initial drop height accordingly. The other standards such as DOT FMVSS 218
and Snell M2015 use a vertically-guided headform that cannot rotate during impact while
the unrestrained headform method in ECE 22.05 allows rotation in any direction as the
headform responds to the test impact. However, this rotational motion and acceleration is
not monitored or recorded and important data is therefore lost. Standards define specific
areas of the helmet as impact locations, for instance, ECE 22.05 defines these impact
points as represented in Fig. 2.23:
• B, in the frontal area, situated in the vertical longitudinal plane of symmetry of the
helmet and at an angle of 20◦ with the AA’ plane,
• X, in either the left or right lateral area, situated in the central transverse vertical plane
and 12.7 mm below the AA’ plane,
• R, in the rear area, situated in the vertical longitudinal plane of symmetry of the helmet
and at an angle of 20◦ with the AA’ plane,
• P, in the area with a radius of 50 mm and a centre at the intersection of the central
vertical axis and the outer surface of the helmet shell,
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Figure 2.22: Geometry and dimensions of ECE 22.05 headform [ECE R22.05, 2002].
Figure 2.23: ECE 22.05 impact points (adapted from Chinn and Hynd [2009]).
Impacts at points B, X and R should be within 10 mm radius of the defined point. After
each impact the helmet shall be repositioned correctly on the headform prior to the next im-
pact, without interfering with the adjustment of the retention system. The shock absorption
tests of ECE 22.05 are performed at a velocity of 7.5 m/s, using flat and kerbstone steel
anvils as impact surfaces.
The impact speeds defined by standards range up to 7.75 m/s, although much higher
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velocities are achieved while riding a motorcycle. Nevertheless, the normal impact speed
is usually not the same as the riding speed. When a motorcyclist falls, the impact is usually
oblique, which means that the falling speed is decomposed into two components, perpen-
dicular and tangential to the road surface. Nevertheless, this range of impact speeds used
in the impact tests of the standards are the most frequent in road accidents [Richter et al.,
2001]. However, these are still low velocity impacts. In addition, it is also worth referring
that the tangential component is not assessed by any standard.
Recently, SMF created a new standard for competitive automotive sports, Snell SA2015.
This one is similar to Snell M2015, but with more and higher impacts [Snell SA2015, 2015].
This is now the standard used by Federation Internationale de l’Automobile (FIA) to de-
termine which helmets the professional pilots can use. For a medium size headform, a
minimum of three impacts are required, being performed in this order: 8.5, 6.31 and 6 m/s.
In order to be used by a professional pilot, the acceleration shall not exceed 300 g. Nev-
ertheless, it is worth noting that the impact sites defined by Snell SA2015 may not occur
at exactly the same site, since Snell standards define a significant area where the impact
may occur. Fig. 2.24 shows the referred area. The same is verified for Snell M2015 [Snell
M2015, 2015]. Thus, there is the possibility of the three impacts occurring on different
helmet points.   
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Table 2 Extent of Protection 
Head form  
Designation 
Parameters 
A b c d e 
ISO A 39.0 mm 128.6 mm 26.1 mm 46.8 mm 52.2 mm 
ISO C 40.6 mm 133.8 mm 27.2 mm 48.4 mm 54.3 mm 
ISO E 42.2 mm 139.0 mm 28.2 mm 50.0 mm 56.4 mm 
ISO J 45.2 mm 148.4 mm 30.0 mm 53.0 mm 60.0 mm 
ISO M 47.4 mm 155.8 mm 31.5 mm 55.2 mm 63.0 mm 
ISO O 49.2 mm 161.5 mm 32.2 mm 57.2 mm 64.5 mm 
 
 
Figure 2 Extent of Protection 
 
Figure 2.24: Area defined for testing (adapted from Snell SA2015 [2015]).
Standards use the maximum value of acceleration measured during the impact as fail-
ure criterion. The thresholds for each standard are presented in table 2.3. In this work, this
criterion is defined as peak linear acceleration (PLA). Thus, PLA is the maximum acceler-
ation value measured at the headform’s COG by a triaxial accelerometer array.
However, PLA ignores the duration of the impact. DOT FMVSS 218 standard only
defines maximum time intervals for different levels of acceleration, while Snell M2015 and
BSI 6658 ignore impact duration in their evaluation. Nevertheless, ECE 22.05 standard
takes into account the impact duration through the head injury criterion (HIC):
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HIC =

 1
t2 − t1
t2∫
t1
a(t)dt
2.5 (t2 − t1)

max
(2.1)
where a(t) is the resultant head acceleration in [g], the interval t2 − t1 is the bound of all
possible time intervals defining the total impact duration, less than or equal to 36 ms and
t1 and t2 are any two points of the acceleration pulse in time, in seconds.
Table 2.3: Comparison of impact conditions and failure criteria of motorcycle helmet stan-
dards.
Standard Snell M2015 DOT FMVSS 218 BSI 6658 ECE 22.05
Impact Conditions
Velocity: (medium size) (flat or hemi anvil)
1st impact 7.75 m/s 6.0 m/s 6.5 m/s or 6.0 m/s 7.5 m/s
2nd impact 6.78 m/s 5.2 m/s 4.6 m/s or 4.3 m/s -
Failure Criteria
Peak 275 g 400 g 300 g 275 g
150 g - 4 msec - -
200 g - 2 msec - -
HIC - - - 2400
HIC takes into account acceleration and impact duration. This consists in an improve-
ment in terms of criteria [Newman, 1980]. Nevertheless, many researchers have been
criticising HIC for several reasons, such as for not taking into consideration the rotational
acceleration, impact direction and head size and for having nonsensical units [Bellora et
al., 2001, Kleiven, 2003, 2005, Feist et al., 2009, Fenner Jr et al., 2005, Kim et al., 1997,
Kleiven and von Holst, 2002, Newman, 1980, 1975]. Nevertheless and agreeing with HIC
drawbacks made by other researchers, Hopes and Chinn [1989] and Deck et al. [2003a]
indicate that HIC may still be a useful tool for comparing energy absorbing safety devices
in linear impacts.
The acceleration-based head injury criteria used by the standards to access the hel-
mets performance in the impact absorption tests are detailed and further explained in the
section 2.3.4. In these sections, the pros and cons of both PLA and HIC are presented,
as well as the respective head injury thresholds. A more detailed comparison between
motorcycle helmet standards can be found in Thom [2006], Jowitt et al. [2014] and Becker
et al. [2015], albeit the reviewed version of Snell is now outdated.
Thus, HIC and PLA remain as the only normative parameters used for helmet homolo-
gation. This means that no standard assess the rotational motion that a motorcyclist is
subjected, neither the local tissue thresholds. In the case of ECE 22.05, the peak linear
acceleration is limited to 275 g and the HIC value should be inferior to 2400 in order to
be approved. However, the rotational acceleration occurs in all motorcyclists accidents
[Johnson, 2000] and has a tremendous effect in brain injuries. Some researchers affirm
that the current trend is to design helmets to pass the standards with no consideration
for biomechanical findings [Shuaeib et al., 2002a, Tinard et al., 2012b]. So, optimisation
based on biomechanical criteria is different than the optimisation with HIC criterion, which
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is correlated with acceleration of a rigid headform’s COG.
Pratellesi et al. [2011] tested uncertainties that are related to the homologation proce-
dure in ECE 22.05 and found that HIC values change by up to 30% due to testing uncer-
tainties that are in total agreement with ECE 22.05. This fact may cast the credibility of a
standard into doubt as a deviation of 30% is certainly not within the tolerable range of a
safety gear.
Helmet standards for other activities
In Europe the helmets for pedal cyclists and for users of skateboards and roller skates
are regulated by EN 1078:2012+A1:2012 standard [CEN, 2012]. This European Standard
specifies requirements and test methods for helmets worn by cyclists, skateboarders and
roller skaters. Since the majority of the tests are similar to the ones performed by motorcy-
cle standards, specially by ECE 22.05, only the impacts test are reviewed.
According to the last version of EN 1078 standard, helmets shall give protection to the
forehead, rear, sides, temples and crown of the head. This standard defines different test
areas for determination of shock absorbing capacity. Fig. 2.25 shows the correct fitting
and test area, which depends on the anvil. The area above the line RR’ is the test area for
impacts against the flat anvil. The area above the line RWA” is the test area for impacts
onto the kerbstone anvil.
EN 1078:2012+A1:2012 (E) 
12 
5.4.2.3 Artificial ageing 
The outer surface of the protective helmet shall be exposed successively to: 
 ultraviolet irradiation by a 125 W xenon-filled quartz lamp for 48 h at a range of 250 mm; 
 spraying for 4 h to 6 h with water at ambient temperature at the rate of 1 l/min. 
NOTE A method for artificial ageing is described in Annex A. This method may be used as an alternative to 
the conditioning according to 5.4.2.3. 
 
Key 
1 angular displacement datum 
2 reference plane 
3 headform 
4 helmet 
Figure 2 — Definition of test area 
5.4.3 Apparatus  
5.4.3.1 Description 
The test apparatus shall comprise: 
 an anvil rigidly fixed to a base; 
 a free fall guidance system; 
Figure 2.25: Definition of test area (adapted from CEN [2012]).
The headforms used shall comply with EN 960:2006, the same headforms used by
ECE 22.05 (Fig. 2.22 and table 2.2). The impact velocities are 5.42 m/s and 4.57 m/s for
impacts onto the flat and kerbstone anvil, respectively. These are theoretically equivalent
to 1.5 m and 1.1 m drop heights, respectively [CEN, 2012]. Helmets are approved if the
peak acceleration does not exceed 250 g. Fig. 2.26 shows the test apparatus for EN
1078:2012+A1:2012, which is the same of ECE 22.05. A EN 1078:2012+A1:2012 test
apparatus shall comprise:
• an anvil rigidly fixed to a base;
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• a free fall guidance system;
• a mobile system supporting the helmeted headform;
• a metal headform fitted with a triaxial accelerometer;
• an accelerometer output recording and conditioning system;
• a system by which the point of impact can be brought into correspondence with the
centre of the anvil.
EN 1078:2012+A1:2012 (E) 
14 
1 - Base 
2 - Anvil 
3 - Guides 
4 - Support dolly 
5- Helmeted headform
Figure 3 — Principle of apparatus for determination of shock absorbing capacity 
5.4.3.5 Accelerometer and measuring assembly 
The tridirectional accelerometer shall be capable of measuring and recording accelerations up to 
2 000 g and its maximum mass shall be 50 g. 
The measuring system, including the drop assembly, shall have a frequency response in accordance 
with channel frequency class (CFC) 1000 of ISO 6487. 
The measuring system shall include equipment to record the velocity of the headform. 
Figure 2.26: Illustration of the test apparatus used for determination of shock absorbing
capacity (adapted from CEN [2012]).
In the USA, the mandatory standard that regulates these same helmets is the Con-
sumer Product Safety Commission (CPSC) standard. This standard defines that a helmet
shall be dropped onto the flat anvil with an impact velocity of 6.2 m/s. This is equivalent to
a minimum drop height of 2 m, plus a height adjustment to account for friction losses. For
the hemispherical and kerbstone anvils the impact velocity is 4.8 m/s, which is equivalent
to a minimum drop height of 1.2 m, considering also the adjustments to account for friction
losses. The peak acceleration of any impact shall not exceed 300 g. This is also the limit
defined by Snell B-95, with similar impact energies but with other stringent requirements.
Nevertheless, this on is rarely us d.
Regarding winter activities, helmets for skiing and snowboarding are regulated by other
standards. However, these are very similar regarding the impact tests. In Europe, this type
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of helmets is subjected to impact energies of approximately 90 J, as required by the EN
1077 standard. The helmeted headform is dropped from a height of 1.5 m and the peak
acceleration measured in it, shall not exceed 250 g. The Snell standard for this type of
helmets, Snell RS-98, defines exactly the same impact conditions and approval criterion
as its cyclist version, Snell B-95.
In Europe, helmets for horseback riding were regulated by EN 1384, which is similar
to other European versions such as EN 1078 standard, defining an impact of 5.4 m/s with
an approval criterion of 250 g for maximum peak acceleration. However, it was verified
that the level of protection required to pass EN 1384 was low, being criticised due to failure
to protect a great number practitioners [Commission to the European Parliament, 2014].
Consequently, this standard was withdrawn and there is no European standard for this
activity. Professionals, not just in Europe, are using the recently updated Snell E2016. This
standard specifies for a medium size headform, impact velocities of 6.06, 5.42 and 5.07
m/s for an impact onto a flat, hemispherical and horseshoe, respectively. For approval, the
peak acceleration measured in the headform’s COG shall not exceed 275 g.
In general, the standards for non-motorised activities use low-velocity impacts. How-
ever, these standards are typically designed to protect against a single severe impact, such
as a bicyclist’s fall onto the pavement, even if there is the risk of occurring multi-impacts.
Generally, the foam material in the helmet will crush to absorb the impact energy during a
fall or collision and can’t protect its user from an additional impact.
Nevertheless, there are standards that force the design of helmets to withstand multiple-
impacts. Some helmets for contact sports are designed to protect against multiple moder-
ate impacts, typically occurring in sports such as American football and ice hockey, where
the user continues to wear the helmet after impacts. Nevertheless, these are usually low
energy impacts.
The standards that regulate American football and ice hockey helmets, NOCSAE ND002
and NOCSAE ND030 respectively, define that at least two impacts of 5.46 and 3.46 m/s,
have to be performed at the same area. In order to be approved the peak severity index of
any impact shall not exceed 1200. Gadd [1966] introduced the concept of a severity index
to compare the severity of various head impacts and is given by this empirical expression:
GSI =
∫
a(t)2.5dt (2.2)
where a is the instantaneous head acceleration in g and t is the time duration of the
acceleration pulse in seconds. However, Gadd [1966] set a value for this failure criterion
of 1000, as a concussion threshold for frontal impacts. Later, Gadd [1971] suggested a
threshold of 1500 for head non-contact loads. This criterion is thoroughly addressed in
section 2.3.4. There are also other standards used in North America regulating American
football and ice hockey helmets, ASTM F717 and F1045 respectively, using only one lower-
energy impact of 75 J (approximately 5.47 m/s) and the maximum acceleration shall not
exceed 275 g or 300 g depending on the impact site. Currently, these specific helmets
designed for multi-impacts with low energies are usually made of foam materials other
than EPS, for instance EPP. These recent solutions are reviewed in the next section.
2.2.4 Novel geometries and materials
Current helmet safety standards are based on experiments conducted over decades ago,
before the current knowledge of head trauma, especially the mechanisms of closed head
injuries, including rotational injuries. In order to improve helmets quality in terms of safety,
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comfort and aesthetics, new materials have been proposed and used by a few manufactur-
ers and researchers. In addition, new concepts have been proposed in order to enhance
the energy absorption properties, improving the current safety levels of helmets. These
new solutions and their benefits and problems are reviewed in this section.
Pinnoji et al. [2008a] tested helmets with shells made of aluminium foams. These have
high strength and an excellent energy absorption capacity. The results with this new con-
cept showed a lower acceleration on the head and a weight reduction of 30% relatively
to helmet with a shell made of ABS. Nevertheless, due to the plastic deformation of the
aluminium foam, it might not behave well to a second impact, since the outer geometry is
lost. More recently, this concept was optimised [Pinnoji et al., 2010], improving the impact
performance, albeit the subsequent impacts remained a problem.
Caserta et al. [2011] replaced part of the helmet’s liner by aluminium honeycombs,
using these as reinforcement material, as shown in Fig. 2.27. The results indicate that
this new configuration provides better protection to the head from impacts against specific
surfaces than the original EPS liner. Best results were obtained for impacts against the
kerbstone anvil. However, the results obtained for impacts onto a flat surface revealed
some limitations, performing even worse than the original EPS helmet at some impact
points. In addition, the thickness necessary to accommodate the honeycomb layers is
extremely limited. Thus, in a real accident scenario, an excessively thin layer of EPS foam
could be easily penetrated, reaching the head.
More recently, Hansen et al. [2013] proposed a novel Angular Impact Mitigation (AIM)
system for bicycle helmets, employing an elastically suspended aluminium honeycomb
liner. The impact performance under normal and oblique impacts of this new bicycle helmet
was compared to a standard EPS one. The results demonstrated that this new helmet
could effectively improve impact mitigation, performing better than the EPS helmet for both
normal and oblique impacts. However, penetration of the comfort liner or the scalp of the
dummy was not addressed.
Recently, Blanco et al. [2014] proposed an innovative ski helmet liner that consists of
an ABS lamina with deformable cones, as shown in Fig. 2.28. Energy is absorbed via a
combination of folding and collapsing of the cones. The main advantage that such liner
may introduce over common EPS pads is that it allows a better optimisation of energy
absorption for different impact sites [Blanco et al., 2014]. In this basis, the helmet was
optimised and the results showed reductions in both maximum acceleration and HIC for
almost all impacts required by the standard.
Other new concept is the conehead™ shock absorbing liner, developed to absorb im-
pact force more effectively. This concept proposed by Morgan [2007] consists in a helmet
foam liner made of two density layers, as shown in figure 2.29. The outer layer, which is the
black part, is made of high density foam and has truncated cones facing inwards. The inner
layer, the grey one, which is close to the head, is made of softer low density foam and has
cones facing outwards. With this dual-density liner, the impact performance is improver for
both low and high energy impacts.
The collapsing of the cones causes the energy to spread sideways within the thickness
of the foam liner instead of towards the head [Morgan, 2007]. In addition, the head will
experience a gradual deceleration due to the crushing of the cones, minimizing the energy
induced to the head. Hence, there is a reduction in the forces translated across the thick-
ness of the liner. This concept is among the most promising ones, being already used in a
few commercial helmets.
POC also developed a dual-density liner, similar to the conehead™ but with a different
geometry. Partly similar to conehead™, with a stiffer outer liner and a softer inner liner,
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this POC helmet becomes well suited to deal with both high and low energy impacts [POC,
2016].
layers caused the breaking of the liner itself. Furthermore, in a real
accident scenario excessively thin layers of EPS foam could be eas-
ily broken by the honeycombs during impact, so that the honey-
comb could penetrate the scalp causing further head injuries.
Therefore, for the manufacturing of the prototype helmets the
height of the honeycombs was limited to 20 mm in the front and
rear surfaces, and to 16 mm in the crown region (Fig. 3). No mod-
iﬁcations were made to the lateral and chin surfaces of the helmet,
due to manufacturing difﬁculties encountered. A computer based
cutting process was adopted to ensure that the dimensions and
the positioning of the hollows were the same for all the helmet lin-
ers. A layer 1 mm thick of polymeric glue was uniformly distrib-
uted at the bottom surfaces of the hollows, to provide a
homogeneous bond between honeycombs and foams. To ensure
the loading of the honeycombs along their out-of-plane direction,
and so achieve maximum energy absorption [21], the layers were
oriented so that the plan containing the cell walls was perpendic-
ular to the impact direction in all of the three sites selected. To pro-
vide maximum shear resistance in the symmetry plane, the
honeycombs were oriented so that in all the impact sites the dou-
bled cell walls were parallel to the symmetry plane of the helmet,
as showed in Fig. 4.
Each helmet was extra large size, so that the ISO 62 aluminium
headform prescribed by standards [15] was used to ﬁt the helmets.
The measured weight of the headform was 6.10 kg. Since the
weight of the honeycombs layers was similar to the weight of
the quantity of liner removed, the prototype helmets presented
same overall weight of their commercial counterparts (1.15 kg).
The measured weight of the drop assembly was equal to 0.60 kg
so that the total falling mass was equal to 7.85 kg. The impact
energy was equal to 220 J.
In all the tests, the acceleration histories recorded from the cen-
tre of gravity of the headform, the maximum peak accelerations
and the Head Injury Criterion [15] values were calculated and
compared.
2.1. Materials
A microscopic analysis of the section of the outer shell in the
crown region revealed a two-layered composite structure under-
neath a uniform painting coat layer. The ﬁrst upper layer was a
hybrid material made with threads of Kevlar, carbon and ﬁbreglass
ﬁbres. The second layer was a woven composite fabric made of
Kevlar ﬁbres. A third additional layer, a short ﬁbre glass composite
with random oriented threads 3 cm long, was added on the exter-
nal front surface of the helmet, right above the upper edge of the
visor. An epoxy resin solution was used to impregnate the layers
prior to pressure bag moulding. It is believed that this choice
was made to promote delamination of the parts (due to the differ-
ence in stiffness between the layers [5]), and so introduce further
energy dissipation mechanisms, being the front point often sub-
jected to severe impacts in road accidents [18]. Because of conﬁ-
dentiality reasons, the material properties of the composite
layers are not reported in this paper.
The inner liner was made of expanded polystyrene (EPS) foam
with a density of 50 kg/m3 and its thickness ranged from 35 to
40 mm throughout the surface, except of the crown region, where
the thickness was reduced to accommodate a lighter layer of EPS
foam (35 kg/m3). Mills et al. [13] stated that the use of lighter
foams in the top area compensates the excessive rigidity of the
shell in the crown site caused by the double curvature and lack
of free edges in proximity [9], resulting in a better protection of
the head. The cheek pads and the chin pad were made of EPS with
a density of 70 kg/m3. The thickness of the lateral cheek pad ranged
from 20 to 35 mm, while the thickness of the chin pad varied from
15 to 20 mm. All the EPS helmet components were manufactured
by means of the injection moulding process. Table 1 resumes the
mechanical properties of the foams used for the manufacturing
of the Gp-Tech, obtained from quasi-static compressive tests on
foam samples at Imperial College London [22], according to BS
ISO 844:2007 [23] standards.
The honeycombs used for the assembly of the helmet proto-
types were the hexagonal 5.2 Al 3003 cores, produced by expan-
sion of glued aluminium sheets at Cellbond Composites (UK, a
partner of the MYMOSA network). As result of the expansion pro-
cess, the honeycombs presented cell walls with doubled thickness.
The honeycomb cell diameter (intended as the diameter of the cir-
cumference contained in a single hexagonal cell) was d = 6.35 mm,
Fig. 2. Helmet prototype liner: (a) perspective front view; (b) top view; (c) perspective rear view.
Fig. 3. Schematic section of the prototype liner.
2750 G.D. Caserta et al. / Composite Structures 93 (2011) 2748–2759
Figure 2.27: Schematic section of the prot type liner roposed by Caserta et al. [2011]
(adapted from Caserta et al. [2011]).
Figure 2.28: ABS cone liner proposed by Blanco et al. [2014] (adapted from Blanco et al.
[2014]).
Figure 2.29: Conehead™ - how it works (adapted from Morgan [2007]).
Although EPS foam has an excellent first impact performance, in case of a subsequent
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impact in the same area, the protection provided by EPS would be minimal since this
material deforms permanently [Gilchrist and Mills, 1994b, Shuaeib et al., 2002b,c, 2007].
Thus, it will have low protective value in the occurrence of a subsequent event [Liu et al.,
2003]. In addition, as shown in section 2.2.3, there are already some standards that require
multi-impacts. In order to overcome this issue, some materials have been proposed, such
as EPP and agglomerated cork.
EPP is somewhat similar to EPS, presenting similar peak accelerations and impact
durations for the same helmet, as verified by Shuaeib et al. [2007]. In addition, it has the
capacity to recover some of its dimensions depending on the impact severity. This material
is already employed in helmets used in American football and ice hockey. Manufacturers
of these helmets probably change from EPS to EPP, due to the multi-impacts required by
the NOCSAE standards, as referred in the previous section .
In addition, POC is also employing EPP in different types of helmets, in order to offer
multi-impact protection [POC, 2016]. Other multi-impact concepts were developed by POC
through examination of the helmets used by alpine racers in the last World Cup. POC found
out that the majority of the helmets were worn out in the front due to repeated impacts from
the gates. According to the developers, these are actually more severe than expected,
which led POC to develop a multi-impact deflector panel in the front of the helmet. This
deflector increases the rigidity of the shell structure, minimising the transmitted impact force
and increasing the helmets shock absorption capacity.
A closed cell foam based on vinyl nitrile polymer (VNP) was also indicated as a good
energy absorber that could be used as helmet liner [Goel, 2011]. In fact, stiff VNP is
already used at the top of some American football helmets, together with EPP to provide
extra protection against tackles and blocks that usually impact this area. Recently, KALI
developed a new concept called nano core, which is an acrylic self-healing foam infused
with carbon nanotubes. Accordingly to the manufacturer, this new liner dissipates impact
energy more efficiently with a smaller volume [Kali, 2016].
Recent brands are creating a great number of new solutions, albeit some standards are
not updated for decades. These innovative concepts are welcomed in order to improve the
quality of safety helmets. Nevertheless, in a society constantly looking for natural and sus-
tainable solutions, these innovative designs are predominately made of synthetic materials.
Thus, as motivation for this thesis, cork will be tested as a helmet liner in order to check
its performance against the traditionally used EPS and the recently employed multi-impact
version, EPP.
Considering all the attractive properties of cork, for instance, its capacity to withstand
multi-impacts and the fact of being a natural material, led Alves de Sousa et al. [2012]
to test its agglomerated version as helmet liner. Agglomerated cork makes it possible
to manufacture helmet liners in their usual shapes. Nevertheless, in the numerical study
performed by Alves de Sousa et al. [2012], the material models used to simulate the me-
chanical behaviour of both cork and EPS were not validated. Thus, no conclusions were
drawn.
Other natural material was proposed as helmet liner, specifically as comfort liner. Taher
Halimi et al. [2012] developed a new comfort liner made of wool and Tunisian alfa fibre,
which improves sweat absorption and thermal comfort. Although it is not the focus of this
work and it was already referred, rotational accelerations are common in accidents, being
responsible for severe brain injuries and are not assessed by any existing helmet standard.
Nevertheless, as in the previous presented solutions, recent helmet brands have been
creating innovative and actually, very effective concepts regarding this matter. Some of
these concepts are already in the market with success.
Fábio António Oliveira Fernandes PhD thesis
2. State-of-the-art 50
This is the case of the multi-direction impact protection system (MIPS), a technology
that mitigates the rotational acceleration on the head [Halldin et al., 2001]. The outer shell
and liner slides over the head at the moment of impact. A low-friction layer (for instance
Teflon®) makes possible the relative rotation between head and helmet, as shown in Fig.
2.30. According to the developers, the weight is increased by less than 5% relatively to a
conventional helmet, keeping the same design and comfort [MIPS, 2012]. In addition, MIPS
helmet performed better than a standard helmet, reducing the peak rotational acceleration
[Halldin et al., 2001, Aare and Halldin, 2003].
Figure 2.30: Multi-direction Impact Protection System (MIPS) (adapted from MIPS [2012]).
Basically, MIPS mimics the brain’s own protection system based on a sliding low friction
layer between the head and helmet liner. When the head is subjected to an impact, the
brain slides along a membrane on the inner surface of the skull, which reduces the forces
transmitted to the brain.
A similar solution to MIPS, but on the opposite side of the helmet, is the Phillips Head
Protection System (PHPS). The PHPS enhances traditional helmet design by adding a
lubricated polymer membrane over the helmet’s shell [Phillips, 2004]. The membrane is
designed to slip in a controlled manner over the shell. In this concept, it can be said that it
mimics human scalp behaviour. An illustrative example is shown in figure 2.31. An identical
concept was proposed by Mellor and StClair [2005].
Figure 2.31: Phillips Head Protection System (PHPS) (adapted from Ask Nature [2012]).
According to the creators, this concept decreases significantly the rotational force that
reaches the brain. This technology is already available on the market for motorcycle hel-
mets. MIPS is also commercially available and for different types of helmets.
More recently, a new helmet technology has been introduced, the Omni-Directional
Suspension (ODS) helmet, which consists of two EPS liners separated by an array of
elastomeric rubber dampers [Shaw, 2014]. In low energy impacts, these dampers help
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EPS in reducing linear accelerations. Nevertheless, the main advantage of this technology
is in reducing rotational acceleration by allowing differential rotational movement between
the two EPS liners, which is controlled by the damper array in shear. This solution is also
on the market [Shaw, 2014].
2.2.5 Finite element modelling
Initially, motorcycle helmet’s design, impact behaviour investigation and optimisation were
based on experimental testing. Nevertheless, optimising or testing different helmet models
is a hard task with high costs of time and material. However, this is still the way some
manufacturers work, mainly based on their know-how.
This methodology was partly surpassed by the development of mathematical models,
which have been a useful tool in helmet design and research. The early theoretical at-
tempts to model a helmeted head impact were based on the assumption that the helmeted
head system could be approximated by an equivalent set of lumped masses, springs and
dashpots [Mills and Gilchrist, 1988, Wilson et al., 1993, Gilchrist and Mills, 1993, 1994b].
These lumped masses systems were then solved using basic dynamic and vibration the-
ories such as modal analysis [Willinger et al., 2000b]. However, the application of these
models is very limited, mainly due to its precision and the incapacity of representing most
of the essential features, for instance the helmet geometry.
Such fact, allied to the advance of CPU power, led to the development of FE mod-
els. These allow a preciser modelling of the helmet components, including their geometry,
material properties and contact interactions. The first model was reported by Khalil et al.
[1974], using it to study the head biomechanical response to transient impact waves. This
is a very simple model, especially regarding its geometry and material models. The next
FE helmet models were also very simple, for instance the ones developed by Köstner and
Stöcker [1987], van Schalkwijk [1993] and Yettram et al. [1994]. In addition, these were not
validated.
A few years later, improved FE helmet models were developed [Brands et al., 1996,
Liu et al., 1997, 1998, Liu and Fan, 1998, Scott, 1997, Chang et al., 2000]. However, the
geometry of these was still simplified, with either spherical or regular shapes. Nevertheless,
Brands et al. [1996] validated the FE helmet model under standard tests in terms of head
acceleration.
More recently, realistic and accurate models were developed and validated. These have
different components with precise geometries and the material models are no longer purely
elastic, including for instance the plastic damage of foams. These models were used for
many purposes, for instance to study the applicability of new materials [Alves de Sousa et
al., 2012, Caserta et al., 2011, Kostopoulos et al., 2002, Pinnoji et al., 2008a, 2010, Pin-
noji and Mahajan, 2010, Tinard et al., 2011], to optimise dummies [van den Bosch, 2006,
Willinger et al., 2001], to study real impacts [Aare, 2003, Forero Rueda et al., 2011, Gha-
jari et al., 2011, Mills et al., 2009a], to determine the effect of impact velocities [Chang et
al., 2003], to optimise helmets according to specific criteria [Cui et al., 2009, Deck et al.,
2003a, Forero Rueda et al., 2009, Mills and Gilchrist, 1992, Pinnoji and Mahajan, 2006,
Pinnoji et al., 2008b, Tinard et al., 2012b], to assess the helmets performance and ef-
fectiveness of helmet standards [Aiello et al., 2007, Cernicchi et al., 2008, Ghajari et al.,
2009a, Fernandes and Alves de Sousa, 2013b, Fernandes et al., 2013, Klug et al., 2015,
Mustafa et al., 2015, Pratellesi et al., 2011, Teng et al., 2013, Tinard et al., 2012a], to study
the biomechanics associated with helmeted impacts and to optimise helmets according to
biomechanical criteria rather than standards criteria [Deck and Willinger, 2006, Marjoux et
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al., 2008, Neale et al., 2004, Shuaeib et al., 2002a, Tinard et al., 2012b, Willinger et al.,
2000a, 2002]. In addition, Tinard et al. [2012b] showed that even if a helmet passes the
tests of shock absorption required by the standard ECE 22.05, the head injury risk remains
high. Therefore, once a numerical helmet model is validated, a great variety of information
can be obtained and thus, a helmet model can be optimised according to a specific design
criteria much faster and cheaper.
2.3 Human head biomechanics and modelling
Statistical results point out that helmets are effective in reducing the risk of death and injury
severity [Shuaeib et al., 2002a]. However, brain injuries that result from induced accelera-
tions are still a problem [Johnson, 2000, Richter et al., 2001, Willinger and Baumgartner,
2003a,b]. These researchers criticise helmet standards for this problem, highlighting their
outdated requirements. In helmet optimisation studies, Deck et al. [2003a] and Deck and
Willinger [2006] affirmed that nowadays helmets are designed to just reduce the linear
headform deceleration.
A helmet designer must have a thorough and comprehensive understanding of head
impact biomechanics. The main way by which biomechanics has influenced helmet design
is not so much in the understanding of different injury mechanisms, but rather in a better
appreciation of biophysical characteristics of the head and the development of kinematic
head injury assessment functions [Newman, 2005]. In this section, after a brief introduction
to head anatomy and trauma, head injury mechanisms associated with head impact are
also summarized. In addition, an overview of the main head injury criteria is presented,
including also a literature review concerning FE human head models.
2.3.1 Head anatomy
The human head is a natural complex set of bones and several soft tissues [Pike, 1990].
It can be described as a multi-layered structure covering the brain, where the scalp is the
outermost layer followed by skull bone, dura, arachnoid and pia membranes, as well as
CSF [Schmitt, 2007]. This multi-layered structure is shown in Fig. 2.32, showing a coronal
cross section of a top portion of the human head.
The skull, which is thinner at the sides and at the lower rear of the head [Chinn and
Hynd, 2009], protects the brain, working as a stiff braincase. In Fig. 2.32, it is possible
to observe that below the skull there are three membranes denoted as meninges, which
protect and support the spinal cord and the brain, separating them from the surrounding
bones.
The brain is a vital organ made of a fragile soft viscoelastic material, being the main
part of the central nervous system (CNS). The space between the skull and the dura mater
is called epidural space and it is the region where are the major arteries. Dura mater is a
tough fibrous membrane adherent or close to the inner surface of the bone, anchoring the
brain. Beneath the dura mater is the thin and fibrous arachnoid. Between the dura mater
and the underlying arachnoid is a narrow subdural space filled with a small amount of fluid
that acts as a lubricant between the two membranes [Kleiven, 2002].
The third and innermost layer is the very thin pia mater, which is attached to the brain
and dips down into the sulci and fissures covering the brain surface and acquiring its shape.
The subarachnoid space is a large gap that separates the arachnoid from the pia mater,
which is filled with CSF that constantly circulates and surrounds the whole brain, acting
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Figure 2.32: Human head anatomy (adapted from Hargreaves [2006]).
as a shock absorber and consequently, protecting the brain. In addition, there are fibrous
filaments known as arachnoid trabeculations, which extend from the arachnoid to the pia
mater and help holding the brain to prevent it from excessive movement in cases of sudden
acceleration or deceleration, acting as a brain natural protection.
In Fig. 2.32, it is also possible to see the folds of the dura mater that form the falx cere-
bri, which projects into the longitudinal fissure between the right and left cerebral hemi-
spheres. A sagittal dural partition membrane, the falx cerebri, partly separates the left
and right hemispheres of the brain. Another dural fold forms the tentorium cerebelli, a
membrane that separates the cerebrum from the cerebellum and brainstem. The falx and
tentorium cerebelli constrain the brain intracranial motion. The tentorium cerebelli resides
on the base of the skull and separates the cerebrum from the cerebellum.
The meninges are crossed by blood vessels, for instance the veins that bridge the
subdural space. These bridging veins are associated to frequent and severe injuries
[Gennarelli, 1981]. The brain can be divided into three main parts: the cerebellum, the
cerebrum and the brainstem, as shown in Fig. 2.33. The cerebrum is the largest and most
complex part of the brain. It is composed by two hemispheres connected by the corpus
callosum. These hemispheres can also be divided into four lobes: the frontal, the parietal,
the temporal and the occipital lobes.
The outermost layer of the cerebrum is called the cortex and consists of grey matter.
Beneath the cortex is white matter. The brainstem includes the midbrain, the pons and the
medulla oblongata. The cerebellum is located in the posterior part of the head. This is
a brief summary of the human head anatomy, where only the main parts concerning this
work are addressed.
In conclusion, the referred set of bones and soft tissues that involve the whole brain
works together as a natural and complex mechanism that protects the brain. However, this
is not enough to prevent injuries in neurotrauma cases, which explains the introduction of
restraint systems, such as helmets, seat belts and airbags.
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Figure 2.33: Brain (adapted from Aare [2003]).
2.3.2 Head injuries
Head injuries result from excessive loading on the head. When the loading capacity of the
head tissues is exceeded, it usually results in severe injuries that may cause disability or
even be fatal. The mechanisms of head injuries are still not fully understood, mainly due to
the complexity of the brain.
Head injuries can be divided into cranial injuries (for instance, skull fractures) and in-
tracranial injuries (for instance, focal injuries and diffuse brain injuries). The latter is any
form of injury to the intracranial contents. Other studies include scalp damage besides skull
fractures, focal injuries and diffuse injuries in their head injuries classification [Hume et al.,
1995, Hurt et al., 1981, Viano, 1988, Voo et al., 1994]. However, only the latter will be here
addressed, since they are more relevant than scalp damage [Shuaeib et al., 2002a].
In helmeted head cases, brain damage is much more frequent than skull fracture,
mainly due to the protective effect of the helmet. This can be inferred from statistical stud-
ies performed by Hurt et al. [1981] and Otte et al. [1997], where skull fractures account for
circa 16% and 13.1% and brain injuries account for 58.4% and 38.2%, respectively.
Skull fractures
A skull fracture is a break in one or more skull bones, usually occurring as a result of blunt
force trauma, when the impact force is excessive enough to fracture bone at the impact
point or even nearby if the adjacent bones are more fragile than the impacted one.
Skull fractures can be either open or closed. The latter is a bone fracture without
substantial injury to the surrounding skin. On the other hand, an open fracture can be
more severe than a closed one, because of the severity and the accompanying risk of
infections, caused by damage to the surrounding tissues and exposure to pathogens.
Skull fractures can occur with and without brain damage, but is in itself not an impor-
tant cause of neurological injury [Gennarelli, 1985, Prasad, 1985]. However, when bone
fragments penetrate blood vessels or brain tissue, complications may be mild, moderate
or severe. Also, even when skull fracture does not occur, bending of the skull may be
sufficient to damage underlying blood vessels and brain tissue [Chinn and Hynd, 2009,
Newman, 2005].
Fábio António Oliveira Fernandes PhD thesis
2. State-of-the-art 55
Skull fractures can also be divided accordingly to fracture location into basilar skull frac-
tures (fractures to the base of the skull) and vault fractures (fractures to the non-base part
of the skull). Skull fractures can also be classified accordingly to the type of fracture into
linear and depressed fractures. The linear fractures are the most common, and usually the
less severe type. These are no more than breaks in the skull bone (through its entire thick-
ness), but no displacement is involved. Nevertheless, dangerous complications may occur
[Melvin et al., 1993, Wismans, 1994]. The depressed fractures result usually in portions of
bone displaced inward, which may damage the underlying tissues. An illustration of both
types is shown in Fig. 2.34.
Thus, despite skull fractures do not necessarily cause neurological disability, bone frag-
ments may penetrate brain tissue or blood vessels when a depressed fracture occurs,
probably resulting in brain injury and intracranial haematoma, especially when the depres-
sion is deeper than the thickness of the skull [Prasad, 1985]. Depressed skull fractures
are frequent mechanisms of brain injury, being often associated with TBI [Motherway et al.,
2010].
Figure 2.34: Linear and depressed skull fractures (adapted from Krames StayWell [2011]).
It is unlikely that minor skull fracture can cause brain injury, and it could be argued that
this is one of the natural mechanisms to absorb energy [Bullock and Graham, 1997]. In
helmeted head impacts, brain injuries are usually more frequent and severe. Skull fractures
normally occur only in situations of penetration, high deformation or fracture of the shell.
Focal brain injuries
Focal brain injuries are localised injuries that usually occur due to tensile or compressive
stresses. This type of injuries is highly correlated with fatalities [Melvin et al., 1993]. Ac-
cording to Aare [2003], approximately two thirds of the deaths associated with head injuries
can be attributed to focal brain injuries. These correspond to local damage, consisting
of epidural haematomas (EDH), subdural haematomas (SDH), intracerebral haematomas
(ICH) and contusions (coup and contrecoup). These are illustrated in Fig. 2.35.
Most focal injuries are due to direct contact with bone fragments from skull fractures and
due to relative motion between skull and the brain. An example of injuries dependent on
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relative motion between brain and skull are subdural haematomas [Bandak, 1997b, Bullock
and Graham, 1997]. Usually, these injuries result from direct impacts, where the greater
the force, the more extensive is the focal brain injury, with slight or severe depression skull
fracturing [Oehmichen et al., 2006].
Epidural haematoma. An epidural haematoma (EDH) is the result of skull trauma (and
consequent skull deformation) or injury to the underlying meninges. EDH is not a direct
injury to the brain and greatly depends on skull deformation. However, this may also be
injured due to complications associated with the accumulation of blood, originating a sig-
nificant volume that rises the intracranial pressure [Ho, 2008].
Generally, bleeding above dura mater is a result of this type of injury. This haematoma
may cross dura but not cranial sutures [Gean, 1994]. Although skull fracture is usually as-
sociated, EDH may also occur in the absence of it. Glowacki [1991] reported that fractures
at the posterior fossa are observed in 64% of the EDHs at this region. In addition, Besenski
[2006] reported that 95% of the total EDHs result from skull fractures.
Nevertheless, EDH is a infrequent sequel to head trauma, circa 0.2-6% according to
Cooper [1982] and 1.2-1.7% according to Oehmichen et al. [2006]. In addition, EDH are
not as lethal as SDH [Aare, 2003]. If the haematoma is found below the dura mater, it is
called SDH. An injury even rarer is double epidural haematoma (DEDH) with an overall
incidence of 2-10% of all epidural haematomas [Görgülü et al., 2000]. However, DEDH
mortality rate remains high [Baugh et al., 2013], exceeding 30% [Huda et al., 2004].
Subdural haematoma. A subdural haematoma (SDH) is often caused by a rupture of an
artery or bridging vein due to excessive loading, usually excessive rotation, which is the
most common mechanism of SDH [Besenski, 2006, Ho, 2008, Kleiven, 2002]. Nearly one
third of the acute SDH cases are directly related to bridging vein rupture [Asiminei et al.,
2011]. Examples of SDH are lacerations of cortical veins and arteries, large contusions
bleeding into the subdural space, and tearing of dural sinuses.
This type of injury arises from tangential force against the skull, and is directly related
to rotational effects on the brain [Gennarelli, 1983]. So, it can be considered a direct effect
from inertial and non-contact forces. A SDH is caused by short duration and high strain
rate loading [Sahuquillo-Barris et al., 1988]. Nevertheless, following a head impact the
brain lags relatively to the skull, which leads to a longitudinal strain in the veins that can
further lead to vein rupture, as shown in Fig. 2.39.
Acute SDH (ASDH) is usually caused by haemorrhagic contusions that break through
the arachnoid mater, by bridging veins rupture, or rarely by laceration of cortical arteries
or veins. In an autopsy series, two thirds of the ASDH were associated with contusions
[Maxeiner, 1997].
In road accidents, one of the most frequent and fatal type of brain injury is SDH, which is
also associated with long-term disability [Gennarelli, 1983]. Gennarelli and Thibault [1982]
reported an incidence of acute SDH of 30%, with an associated mortality rate of 60%. More
recently, it was reported a mortality rate greater than 30% [Melvin and Lighthall, 2002]. In
a study performed by Richter et al. [2001], from a total of 409 head injury cases, it was
observed that more than half were brain injuries and from those, a major part was SDH.
Contusion. Contusion is the most frequently found injury following head impact [Aare,
2003, Kleiven, 2002, Schmitt, 2007]. It consists of heterogeneous areas of necrosis, haem-
orrhage or oedema. Contusions result from local brain tissue motion within the cranium
Fábio António Oliveira Fernandes PhD thesis
2. State-of-the-art 57
[Graham et al., 1995] and may also occur at the site of depressed skull fractures [Besen-
ski, 2006]. In general, contact loading may result in a relative motion between the brain
surface and the inner surface of the skull, causing contusions on the brain surface.
Generally, there are two distinguished types of contusions: coup and contrecoup. Coup
injury occurs at the site of impact while contrecoup occurs at the opposite site of the impact,
as shown in Fig. 2.38. Coup and contrecoup contusions are contact injuries [Gennarelli,
1985, Ommaya and Gennarelli, 1974], produced by compressive forces or tensile forces.
The latter are usually associated with negative pressures. Nevertheless, contrecoup in-
juries are considered more significant and more frequent than coup contusions [Melvin
and Lighthall, 2002].
For instance, in a frontal impact, the brain moves relatively to the skull, compressing
the area near to the impact region (coup) and stretching the opposite region of the brain
(contrecoup). Depending on the impact energy, the brain may rebound, compressing the
brain in the contrecoup region and stretching it in the coup region.
Intracerebral haematomas. This type of focal injury is distinguished from contusions by
a more pronounced localisation of the haematoma [van den Bosch, 1998]. Intracerebral
haematomas (ICH) are well defined homogeneous amounts of blood within the brain. They
are usually caused by sudden acceleration/deceleration of the head. This type of injury is
generally regarded to be of minor importance [Kleiven, 2002].
Figure 2.35: Focal brain injuries (adapted from Krames StayWell [2011]).
Diffuse brain injuries
Diffuse brain injuries (DBI) are fundamentally different from focal injuries, being associ-
ated with global disruption of brain tissue. This class of injury is usually a consequence
of distributed loading conditions that generally induce low energy damage on substantial
volumes [Bandak, 1997a]. DBI generally occurs via impact, often without skull fracture, be-
ing referred as a closed head injury [Gennarelli and Thibault, 1982, 1985, Goldsmith and
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Plunkett, 2004]. DBI accounts for approximately 40% of patients with severe brain injuries,
and one third of deaths due to head injury [Whitaker, 1980]. More info about DBI can be
found in a detailed study performed by Graham et al. [1995].
Concussion. Concussion is characterized by a slight increase in intracranial pressure
[Oehmichen et al., 2006] and by transient loss of consciousness or even post-traumatic
amnesia of variable duration in the severe cases. Generally, it is not a severe injury and
the recovery time is short [Kleiven et al., 2003, Oehmichen et al., 2006]. For instance,
brain tissue disruption does not happen in mild concussions, contrary to other types of
DBI. Concussion is a common result from head impacts, even in the helmeted ones [Aare
and von Holst, 2003, Richter et al., 2001].
Diffuse axonal injury. Diffuse axonal injury (DAI) is caused by the disruption or elonga-
tion of neuronal axons in the brain tissue [Schmitt, 2007]. It is more commonly observed
within the deep white matter of the brain [Wright and Ramesh, 2012]. In addition, Adams
et al. [1989], Gennarelli et al. [1982b] and Smith and Meaney [2000] identified the corpus
callosum and the brainstem as being highly susceptible to this type of injury. Fig. 2.36
illustrates an example of DAI.
Figure 2.36: Diffuse axonal injury mechanism (adapted from Accident Attorneys [2016]).
DAI arises from the same mechanisms than SDH, i.e. tangential forces applied to the
skull. However, DAI is produced by a longer duration and more gradual onset of accelera-
tion than SDH [Aare, 2003, Gennarelli and Thibault, 1982]. According to Oehmichen et al.
[2006], DAI is caused by rotational and/or translational acceleration following impact of the
head, which exposes the axons to transient tensile strain. It can be produced by impulsive
loading of sufficient magnitude, generated by an impact [Gennarelli and Meaney, 1996].
Nevertheless, Povlishock [1993] found that DAI is not associated with direct mechanical
tearing of axons in the white matter, but with the discrete focal impairment of axoplasmic
transport leading to local axonal swelling and lobulation, which were all found at locations
where the axon changed its anatomical path, such as blood vessels. In addition, DAI was
identified as the result of brain compression and shear deformation gradients, under high
inertial forces [Viano et al., 1997].
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DAI is considered the most severe DBI [Gennarelli, 1981] and one of the most frequent
types of TBI [Gennarelli et al., 1982a]. Studies indicated that at the end of one month,
55% of the patients are likely to have died, 3% may have vegetative survival and 9% may
have severe deficit [Gennarelli, 1981, Gennarelli et al., 1982b, Melvin et al., 1993]. More
recently, Bandak [1997a] observed that this type of injury constitutes about more than 50%
of all head injuries. Other authors consider DAI as the most common cause of persistent
vegetative state and severe disability [Graham et al., 1995, Meythaler et al., 2001, Parizel
et al., 1998]. Thus, DAI is a frequent brain injury resulting from head impacts and often
results in fatality or in long-term rehabilitation [Gennarelli et al., 1982a, Gennarelli, 1983].
2.3.3 Head injury mechanisms
Head injuries can result from many mechanisms, with immediate mechanical and physi-
ological changes and consequent functional and anatomical damage [Yang, 2011]. Head
injury typically results from either a direct impact to the head or from an indirect impact
applied to the head-neck system, when the torso is rapidly accelerated or decelerated. For
instance, skull fractures, EDH and contusions usually result from direct contact. Contact
phenomena typically cause focal brain injuries and these may occur without skull fractures.
Head injury mechanisms can be divided into static and dynamic loading. Any loading
with a duration superior to 200 ms is considered a static loading [Schmitt, 2007]. Under
such conditions, the head deforms until it reaches a maximum deformation. This type
of loading often leads to skull fractures. According to Gurdjian [1950] and Thomas and
Hodgson [1973], skull bending is the cause of linear skull fractures.
Rapid contact loading produces pressure waves that propagate across the brain, as
show in Fig. 2.37, which may lead to a pressure gradient with positive pressure at the
site of impact (coup) and negative pressure on the opposite side of the impact (contre-
coup), as demonstrated by Nahum et al. [1977] and shown in Figs. 2.37 and 2.38. Such a
mechanism is proposed for the generation of intracranial compression, which causes focal
brain injuries [Schmitt, 2007]. In addition, the pressure gradient may originate shear strains
within the deep structures of the brain. If the pressure is negative, gases dissolved in fluids
such as CSF and blood are released as bubbles (cavitations), with consequent rupture of
small vessels [Oehmichen et al., 2006]. This cavitation hypothesis was proposed by Gog-
gio [1941] and generally accepted and confirmed [Bandak, 1997b, Gross, 1958, Gurdjian,
1975, Nahum et al., 1977, Ruan et al., 1993, Sellier and Unterharnscheidt, 1963]. Contact
loading may also result in a relative motion between brain and the skull, causing contusions
on the surface of the brain and tearing of the bridging veins leading to SDH [Adams, 1980,
Chapon et al., 1985, Cooper, 1982, Gennarelli, 1985], as shown in Fig. 2.39.
In non-contact situations, exclusively inertial effects, such as accelerations or decelera-
tions, load the head. Nevertheless, an impact to the head also results in head acceleration,
which leads to inertial loading of the intracranial structures, causing injuries such as con-
cussion, SDH, contrecoup contusions, DAI and ICH.
Acceleration can be divided into translational or rotational. Generally, translational ac-
celeration results in focal brain injuries and rotational acceleration causes DBI. Pure trans-
lational acceleration creates intracranial pressure gradients, while pure rotational acceler-
ation rotates the skull relatively to the brain, likely tearing bridging veins [Bandak, 1997a],
as shown in Fig. 2.39, and can even produce brain tissue shearing through the mech-
anism shown in Fig. 2.40. Nevertheless, real head impacts combine both translational
and rotational acceleration and thus, both types of injuries may occur in any head impact.
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Figure 2.37: Different injury mechanisms related to head impact (adapted from Schmitt
[2007]).
Figure 2.38: Coup-contrecoup injury (adapted from Kleiven [2002]).
Figure 2.39: Subdural haematoma mechanism (adapted from Kleiven [2002]).
Aare [2003] stated that purely translational or rotational head acceleration is uncommon in
reality, as these types of movements are not physiologically possible.
Currently, rotational acceleration is seen by many researchers as one of the principal
causes of brain injury, tearing brain tissue and bridging veins. In other words, a signifi-
cant amount of head injuries can be produced by rotational forces [Bandak and Eppinger,
1994, Gennarelli, 1981, Gennarelli et al., 1987, Glaister, 1997, King et al., 2003, Kleiven,
2005, Ommaya, 1988, Viano and King, 1997]. Fig. 2.41 shows the occurrence of some
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severe head injuries by a qualitative relationship between angular acceleration amplitude
and pulse duration. The odd curve shape for SDH is believed to be related with the strain
rate sensitivity of bridging veins. In order to understand how the knowledge about head
injury mechanisms evolve during the last century, a brief literature review is presented.
Figure 2.40: Angular acceleration produces shear strains in the contents, as illustrated by
the layers sliding across each other (adapted from Anderson and McLean [2005]).
Figure 2.41: Relationship between angular acceleration and pulse duration for some head
injuries (adapted from Wismans [1994]).
Thorough literature review
In order to improve the understanding of head injury mechanisms, experimental works were
always fundamental [Cairns, 1941, 1946, Gurdjian and Webster, 1945, Holbourn, 1943,
1945]. These studies pointed to brain deformation or strain as the principal cause of injury.
Unfortunately, strain measurement is almost impossible during an impact, particularly in
vivo [King et al., 2003]. Nevertheless, later, with clinical studies, physical modelling and
FEA have helped researchers to hypothesize that resulting strains are the primary cause
of neurological deficiencies. A review of some of these studies is here presented.
The type of acceleration that causes severe brain injuries was always a relevant open
question. Two theories were adopted. In a pioneering work, Holbourn [1943] was the first
to cite angular acceleration, with or without direct impact, as an important mechanism in
head injury, mainly in the origin of concussion. It was hypothesized that shear and tensile
strains induced by rotational acceleration could cause concussion as well as contrecoup
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contusion, tearing of cerebral blood vessels and brain tissue, causing haematoma and
DAI. Later, Holbourn [1945] performed experimental tests where it was concluded that
shear strains within the brain caused by rotational accelerations can place physical stress
on individual neurons.
On the other hand, Gurdjian and his co-workers attributed intracranial damage to skull
deformation and subsequent pressure gradients and head acceleration due to direct im-
pacts to the head [Gurdjian and Webster, 1945, Gurdjian et al., 1955, 1961, 1963]. Linear
acceleration was considered to be the most important mechanism, while rotational accel-
eration, negative pressure and cavitation were of minimal or no significance.
Pudenz and Shelden [1946] carried out a study on monkeys, concluding that brain
motion lagged at the skull back upon impact, causing a contrecoup injury. This lag was
even greater when the CSF was removed, showing the damping effect of it. Later, this
was also observed by Gurdjian [1972] using a water-filled physical model, in which high
pressure was observed near the impact site (coup) and large negative pressure at the
contrecoup site. The same in Viano et al. [1997], that analysed a deformable brain gel
model with the purpose of describing brain kinematics and strain for head translation and
rotation.
Strich [1956] found diffuse degeneration of white matter in the cerebral hemispheres, as
well as in the brainstem and corpus callosum areas in patients who have endured severe
head trauma. This observation indicates high shear strains in the white matter adjacent to
the cortex.
A few years later, Ommaya et al. [1966] supported the Houlboun’s hypothesis and also
indicated that rotation alone could not produce the levels of injury resulted from head im-
pact. In addition, Ommaya et al. [1967] proposed a method to extend the results from
concussive experiments on lower primate subjects, in order to predict the rotational accel-
eration required to produce concussions in humans. The results indicate that an accel-
eration of 40000 rad/s2 will have a 99% probability of producing concussion in monkeys,
which corresponds to a scaled value of 7500 rad/s2 for humans. Later, Ommaya and
Hirsch [1971] suggested that rotation could account for approximately 50% of the potential
for brain injury, while the remainder was attributed to translational acceleration.
Rotational effects were also tested by Unterharnscheidt [1969], applying controlled an-
gular accelerations on monkeys, leading to SDH, torn bridging veins and brain damage.
Later, Unterharnscheidt [1971] studied the effects of translational and rotational accelera-
tion in closed head injury. Pure translational acceleration created pressure gradients while
rotational acceleration produced skull rotation relatively to the brain, with consequent gen-
eration of shear stresses.
Gennarelli et al. [1971, 1972] demonstrated that head translation at the horizontal plane
produced essentially focal injuries, resulting in contusions and ICH, while diffuse injuries
were only observed in the presence of a rotational component. The principal resulting
mechanism from purely linear acceleration is pressure gradient, whereas for purely ro-
tational acceleration appears to be shear stresses, once again as result from differential
motion between skull and brain. Gennarelli et al. [1972] subjected monkeys to controlled
sagittal plane head motions, founding that pure translation and rotation can cause concus-
sion and other brain injuries, where the frequency and severity was greater after rotational
motion. Similarly, Ommaya et al. [1973] concluded that both translational and rotational
head acceleration caused brain injury, with DBI being caused mainly by rotational motion,
agreeing that DBI occurs largely in response to stresses and strains generated by angular
loads.
Löwenhielm [1975] stated that the deep brain could be injured oppositely to its sur-
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face and that the maximum shear zone became deeper as the duration of the angular
acceleration pulse increased. In most of these studies, it was assumed that brain tissue
is incompressible and therefore, it is most likely to fail by shear [McElhaney et al., 1976,
Stalnaker, 1969]. McElhaney et al. [1976] concluded that the bulk modulus of brain tissue
is roughly 105 times larger than the shear modulus. Thus, brain tissue deforms mainly by
shear, and distortional strain can be used as an indicator of TBI risk.
Voigt et al. [1977] concluded that acceleration and rotational forces may create shear-
ing that results in tearing of axons, myelin sheaths and vessels inserted in the white matter.
Hodgson and Thomas [1979] subjected monkey brain models to pure translation and rota-
tion. Pure rotation produced the highest, most diffuse and long lasting shear strain as well
as brain displacement, while pure translation produced very low shear strains. Dirnhofer
et al. [1979] concluded that rotational acceleration is usually present in accidents such as
falls, and clinical observations showed rotation as a mechanism of DAI at the brainstem as
well as tearing injuries at the tentorium.
Ono et al. [1980] found that the occurrence of concussion and cerebral contusion is
highly correlated with the head translational acceleration from a direct impact. The authors
suggested that a rotational component is necessary for the occurrence of brain contusions,
but concerning the occurrence of concussion no correlation was found. At the same time,
Ward and Chan [1980] developed a 3D FE model of a primate head, subjecting it to angular
acceleration pulses reported by Abel et al. [1978]. The maximum shear stresses were 50%
lower than the simulations without rotational component.
The importance of impact direction in what concerns SDH was realized by Fruin et al.
[1984]. Six out of eight cases with known trauma sites were due to occipital impacts. The
anatomical difference between the frontal and occipital regions of the skull, explain the
different results obtained in impacts to these areas.
Gennarelli et al. [1971, 1981, 1982b], Gennarelli and Thibault [1982] and Thibault and
Gennarelli [1985], with the aim of investigating the influence of rotational acceleration, used
live monkeys and physical models. These researchers concluded that angular acceleration
contributes more than linear acceleration to generate concussive injuries, DAI and SDH.
The authors hypothesized that these injuries were induced by shear strain, generated by
angular acceleration.
Gennarelli et al. [1981] placed DAI as the first indicator that white matter involvement
is induced by a shear-strain mechanism after non-impact accelerations. The authors also
concluded that as the severity of the rotational forces increases, the more probable is the
involvement of central brain areas. The same was confirmed by Blumbergs et al. [1995].
Gennarelli et al. [1982b], in experiments with monkeys, shown that the incidence and sever-
ity of DAI correlated with the acceleration direction. Rotational acceleration in the coro-
nal plane caused the long lasting coma. In the same plane, Gennarelli [1983] concluded
that SDH was mainly produced by short duration and high amplitude rotational accelera-
tions, while DAI was mainly produced by longer and low amplitude rotational accelerations.
Gennarelli et al. [1987] also investigated the influence of impact direction on DAI, conclud-
ing that lateral loading is more likely to cause DAI on primates than impacts from other
directions. The same influence had been previously concluded for concussion on primates
[Hodgson et al., 1983].
Low head tolerance to lateral impact in comparison with frontal impact was also ob-
served in human cadaver tests conducted by Tarriere [1985]. He also concluded that DBI
results from angular acceleration and focal brain injuries result from linear acceleration,
as already concluded in other studies [Gennarelli et al., 1972, 1987, Higgins and Schmall,
1967, Hodgson et al., 1983, Ommaya and Hirsch, 1971, Ono et al., 1980, Stalnaker et al.,
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1973, Unterharnscheidt, 1971]. Nevertheless, from later studies on volunteers, Pincemaille
et al. [1989] suggests that the human tolerance is largely underestimated using primate ex-
periments and simplistic scaling rules.
Adams [1986] concluded that bridging veins rupture due to high strains are consid-
ered to be the main cause of SDH, which had already been suggested [Abel et al., 1978,
Gennarelli, 1985, Holbourn, 1943, Löwenhielm, 1974a]. Indeed, brain injuries can be asso-
ciated to large strains, which exceeded the cerebral tissue tolerance [Thibault et al., 1990].
Margulies et al. [1990] studied the intracranial motion and deformation, by using a brain
surrogate in human and primate skull models. In these, head rotational motion caused
large strains in the brain tissue, being identified as a possible cause of DAI. According to
Margulies and Thibault [1992], the risk of DAI is highly dependent on brain mass, since it
commonly results from inertial induced loads. Later, Ivarsson et al. [2002] used the same
brain surrogate to study the influence of lateral ventricles and irregular skull base on brain
kinematics under sagittal plane rotation acceleration. Ivarsson et al. [2002] concluded that
the irregular skull base protects nerves and vessels passing through the cranial floor by
reducing brain displacement and that CSF relieves strain in regions inferior and superior to
the ventricles.
Over the years, rotational acceleration continued to be reported as cause of DAI to
the white matter of animal models, such as porcine and rat models [Dixon et al., 1991,
Glaister, 1997, Lighthall et al., 1989, Maxwell et al., 1993, Meaney et al., 1995]. Other
researchers have been able to cause DAI in animal brains by application of direct impact to
the brain without an associated head angular acceleration [Meaney et al., 1995, Nishimoto
and Murakami, 1998, 2000, Supprian et al., 2000]. In fact, this area is still an active area
of research. However, it could be concluded that DAI is a critical injury resulting from head
trauma, and relating this injury with impact forces or accelerations may provide improve-
ments on restraint systems design.
Contrarily to the studies performed by Gennarelli and his co-workers, McLean [1995]
argued that there were no cases of brain injury without head impact, based on his investi-
gation of a series of more than 400 fatally injured road users. According to McLean [1995],
it is not possible for the human neck to transmit enough energy to the head in order to
produce brain injury without a direct head impact.
Zhou et al. [1995] found higher strains in the bridging veins during the acceleration
than during the deceleration phase while applying the acceleration pulse from Abel et al.
[1978]. Since the acceleration pulse is directed into the posterior-anterior direction, it was
suggested that SDH is more easily produced in an occipital impact than a corresponding
frontal one. Later, the same researchers [Zhou et al., 1996b] found that anterior-posterior
motion causes higher strains in the bridging veins than a corresponding lateral motion.
In addition, Lee et al. [1987] and Huang et al. [1999], using FE models to study SDH
mechanisms, found that the contribution of angular acceleration to tearing of bridging veins
is greater than the translational acceleration. However, in these first numerical studies, a
tied interface was imposed between the skull and the brain leaving out any possibility of
precisely and correctly evaluating relative brain motion.
Also in a numerical study, DiMasi et al. [1995] found a higher cumulative volume fraction
of the brain experiencing a specific level of maximum principal strain for pure rotation than
for pure translation, while a combination of the full kinematics gave the highest values. The
authors also showed that pure translational acceleration would induce minimal strain, while
a pure rotational acceleration would produce considerably greater strain. A combination
of translational and rotational components would induce more strain than pure rotational
acceleration. Kinematic head injury predictors are usually based on the assumption that
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either linear or rotational acceleration are the main cause of head injury while it has been
shown that their combination increases the injury risk [DiMasi et al., 1995].
In a similar study, although using a 2D dummy head model, Ueno and Melvin [1995]
found that the use of either translation or rotation alone may underestimate the injury sever-
ity. The results also indicated that translational acceleration is related to pressure while
rotational acceleration has a dominant effect on shear deformation. However, the nodes at
the skull-brain boundary were also rigidly connected, as in the previous studies carried out
by other researchers.
Gennarelli and Meaney [1996] indicated that a head impact can generate loadings of
sufficient magnitude to produce DAI, and that its severity correlates with the magnitude,
duration and rotational velocity as well as the head motion direction. It is also indicated
that DAI is the result of shear and/or tensile strains caused by the relative brain tissue
motion to structures such as falx and tentorium. According to Meythaler et al. [2001], the
crucial factors to the extent of injury are the type of acceleration, its duration and direction.
Bain and Meaney [2000] showed that DAI is function of distortional strain. In addition,
the maximum principal strain was chosen by some researchers as predictor of DAI [Bain et
al., 1996, Bain and Meaney, 2000, Galbraith et al., 1993, Gennarelli et al., 1989, Morrison
III et al., 2003, Thibault et al., 1990]. Other local tissue injury measures have also been
proposed and evaluated, such as von Mises stresses [Anderson et al., 1999, Miller et
al., 1998, Shreiber et al., 1997], product of strain and strain rate [Goldstein et al., 1997,
King et al., 2003, Viano and Lövsund, 1999], strain energy [Shreiber et al., 1997] and
the accumulative volume of brain tissue enduring a specific level of strain, the Cumulative
Strain Damage Measure (CSDM) [Bandak and Eppinger, 1994, DiMasi et al., 1995]. These
and other predictors are presented and thoroughly reviewed in the next section.
Smith and Meaney [2000] hypothesized that brain tissue shear deformations coming
from inertial loading conditions result in the stretching of neural axons and, when stretched
beyond a critical threshold, normal biochemical processes in the cells are disrupted, lead-
ing to functional impairment of the neurons or even to cell death [Smith et al., 1999]. Later,
Zhang et al. [2001b] compared brain responses between frontal and lateral impacts, and
found higher shear stress at the brain core during a lateral impact. This agrees with the
earlier results obtained by Gennarelli et al. [1982b, 1987]. However, a tied interface was
again imposed between the skull and the brain leaving out any possibility of evaluating
relative motion between the skull and the brain.
More recently, by using a detailed finite element head model (FEHM) and reconstructing
real cases of neurotrauma, Zhang et al. [2003b] concluded that the strain rate and its
product with strain are the best concussion predictors. Later, Zhang et al. [2004] concluded
that both linear and angular accelerations are significant causes of TBI. Similarly, Franklyn
et al. [2005] proposed that the localized strain and strain rate variables were the most
relevant brain injury indicators for concussion and axonal injury.
Suh et al. [2005] considered the maximum relative displacement between skull and
brain as the most dangerous factor to produce severe brain injuries, because it causes
the rupture of the bridging veins, owing to the excessive tension. In this study, it was also
concluded that HIC increased almost linearly with the impactor mass and impact velocity.
Oehmichen et al. [2006] reported that when the skull remains intact after an impact, bleed-
ing often occurs only at the opposite impact site. This may be interpreted as contrecoup
contusion due to shearing or tensile forces that may also produce SDH.
Kleiven [2002] indicated that the increased risk of SDH in elderly people may be partly
explained by the reduced brain size, resulting in a larger relative motion between the skull
and the brain, with distension of bridging veins. He also concluded that larger relative mo-
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tion between skull and brain is more pronounced for an occipital impact than for a frontal
one. Later, for rotational impulses of short duration, Kleiven and von Holst [2003] found
that the change in angular velocity best corresponds with the intracranial strains, which is
in agreement with hypothesis suggested by Holbourn [1943]. Kleiven [2003] also observed
that horizontal impulses produced almost exclusively DAI in the central parts of the brain,
which endured higher stresses and strains than a translational impulse with the same im-
pact power. This is one more study that supports the findings of Gennarelli et al. [1987].
Additionally, Kleiven [2003] stated that the use of either translation or rotation may under-
estimate the severity of an injury, as previously concluded by DiMasi et al. [1995] and Ueno
and Melvin [1995].
Kleiven and von Holst [2002] and Kleiven [2003] found the largest strains for the cen-
trally or frontally located bridging veins for all impact directions, supporting the experimental
studies made by Hirakawa et al. [1972] and Jamieson and Yelland [1972], where SDH was
found in the occipital region. It was also found that the influence of impact direction had a
substantial effect in the prediction of SDH [Kleiven, 2003]. Later, Aare et al. [2004] com-
pared the results from different simulated oblique impacts and concluded that the rotational
effects have a major influence on the strain levels in the human brain, whereas the maxi-
mum strain was usually found at the white matter.
Kleiven [2005], in other numerical study, observed that low levels of strain can be seen
in the vicinity of the ventricles, which supports the hypothesis of Ivarsson et al. [2000].
Kleiven [2005] also compared the influences of translational and angular impulses coming
from lateral impulses, founding a tenfold increase in the intracranial strains when changing
from translational to rotational motion. In the latter, the highest strain appeared at the
cortex, corpus callosum and brainstem. The larger stresses and strains at the corpus
callosum for lateral impulses, support the conclusions drawn by Gennarelli et al. [1982b,
1987]. In Kleiven [2005], it is also evident the high levels of strain nearby the skull vertex
as well as close to the skull base irregularities, mainly due to the relative motion caused
by rotation. Later, Kleiven [2007c] also demonstrated that both translational and rotational
accelerations contribute to brain injury.
Fijalkowski et al. [2006b] indicated that injury severity is directly dependent of factors
such as magnitude and duration of angular acceleration, brain mass, and rotation plane.
One year later, Fijalkowski et al. [2007] demonstrated that angular acceleration duration is
an influencing factor of DBI severity. In addition, other studies showed a correlation be-
tween angular acceleration magnitude and injury severity [Abel et al., 1978, Higgins and
Schmall, 1967, Hodgson et al., 1983]. DBI determinants associated with injury severity in-
clude brain mass [Douglass et al., 1968, Ommaya et al., 1967], plane of rotation [Gennarelli
et al., 1987, Ono et al., 1980, Shatsky et al., 1974], angular acceleration magnitude [Abel
et al., 1978, Higgins and Schmall, 1967, Margulies and Thibault, 1992, Ommaya and
Gennarelli, 1974, Ono et al., 1980, Unterharnscheidt, 1969] and angular velocity [Hirsch
et al., 1968, Kleiven, 2007c, Meaney et al., 1993, Smith et al., 2000]. Studies demonstrate
that coronal plane rotations are most injurious due to decreased inertial properties and ge-
ometric constraints [Gennarelli et al., 1987, Hodgson et al., 1983, Margulies and Thibault,
1992, Margulies et al., 1990, Thibault et al., 1990]. Furthermore, the duration of angular
acceleration determines the type of injury, where short duration impacts result in focal in-
juries while longer impacts result in DBI [Margulies and Thibault, 1992, Ono et al., 1980,
Shatsky et al., 1974, Stalnaker et al., 1973].
Mordaka et al. [2007] found that injury severity can be related - not to angular accel-
eration - but to peak change in angular velocity. The results showed that increased peak
changes in angular velocity caused higher maximum principal strains in the brain and con-
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sequently higher probability of DAI and ASDH. In addition, a three-fold increase at the
brain strain levels was found when doubling the impact velocity. This variation is similar
for the peak change in angular velocity, which corresponds to Holbourn’s hypothesis [Hol-
bourn, 1943], where strains are proportional to the change in angular velocity for rotational
impulses of short durations.
In other numerical study, Zhang et al. [2008] indicated that different brain regions were
susceptible to different strain responses, depending on direction of rotation. It was ob-
served that coronal rotation induced multi-focal high strains at the midbrain and thalamus,
indicating a plausible effect of the falx on the strain propagation. In the case of head ro-
tation at the sagittal plane, the critical strain was mainly located in the hippocampus and
upper brainstem region. According to Zhang et al. [2008], this strain localisation was likely
dictated by the presence of the tentorium opening and its transverse orientation affecting
the tissue deformation.
Yoganandan et al. [2008] studied the influence of angular-deceleration pulse shapes on
specific brain strains. Principal strains were determined at the corpus callosum, the post-
central sulcus base and the cerebral cortex of the parietal lobe, being the corpus callosum
the one with highest strains. In this study, it was also suggested that angular velocity may
be a better metric than peak acceleration. More recently, Post et al. [2012a] performed a
study in order to analyse the predictors that most influence the loading curve shape in the
brain and indicated that higher maximum principal strains and von Mises stresses are the
predictors that most influence the curve shape.
More recently, Cloots et al. [2010] showed that the axonal strains cannot be trivially cor-
related to the tissue strain without taking into account axonal orientations, which indicates
that heterogeneities at the cellular level play an important role on brain injury mechanisms
and injury prediction. Later on, Wright and Ramesh [2012] showed that injury response
of white matter is dependent on the primary orientation and on the angular distribution of
axonal fibres.
Asiminei et al. [2011] observed that the high sensitivity of head acceleration/deceleration
rate was the major determinant of bridging vein failure. No strain rate sensitivity could be
observed up to 20 s−1. In the same year, Krave et al. [2011] produced DAI by inducing
rotational acceleration at the sagittal plane of some animals’ head. Many of these studies
have presented thresholds to assess injury occurrence. These predictors and other criteria
are described in the next section.
2.3.4 Head injury predictors
Head injury typically results from either a direct impact to the head or from an indirect
impact applied to the head-neck system, when the torso is rapidly accelerated or deceler-
ated. For both cases, the head sustains a combination of linear and rotational acceleration
[Aare, 2003]. As seen in the previous section 2.3.3, translational acceleration creates in-
tracranial pressure gradients, while rotational acceleration rotates the skull relatively to the
brain [Bandak, 1997a].
For over half a century, research has been undertaken to assess plausible injury mech-
anisms causing inertial head injury during impact and to establish associated human head
tolerance levels. The development of injury criteria has been a major goal among re-
searchers in order to accurately evaluate the risk of sustaining a head injury and to assess
the effectiveness of potential protective head gear such as helmets.
In fact, this is still an active area of research and scientists are trying to relate this type
of damage with impact forces or accelerations, mainly with kinematics. This may provide
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a strong basis for improvements in restraint systems design. Currently, many studies have
presented thresholds to assess injury occurrence. These predictors are described in this
section. Head injury criteria can be roughly divided into three categories, as proposed by
van den Bosch [2006]:
• Injury criteria based on translational or rotational accelerations of the head’s COG,
• Injury criteria based on translational and rotational accelerations of the head’s COG,
• Injury criteria based on stresses and strains in the brain tissue.
Each category is discussed in the following subsections. A thorough review on head
injury predictors and their respective thresholds is presented in Fernandes and Alves de
Sousa [2015]. This state-of-the-art review article is related with the development of this
thesis.
All these referred classes of injury criteria were mainly developed to consider closed
head injury. Localised loads, which could be considered suitable criteria for skull fracture,
depend on the impactor shape and skull thickness at the impact site. Table 2.4 presents a
summary of fracture peak forces at different regions of the skull.
Table 2.4: Peak force for fracture at different regions of the skull.
Impact area Force [kN] Reference
Frontal 4.0 Schneider and Nahum [1972]
4.2 Nahum et al. [1968]
4.3-4.5 Yoganandan et al. [1994]
4.7 Allsop et al. [1988]
5.5 Hodgson and Thomas [1971]
6.2 Advani et al. [1975]
15.6 Voo et al. [1994]
Temporal 2.0 Schneider and Nahum [1972]
3.4-4.4 Yoganandan et al. [1994]
3.6 Nahum et al. [1968]
5.2 Allsop et al. [1991]
6.2 Voo et al. [1994]
Occipital 11.7-11.9 Yoganandan et al. [1994]
12.5 Advani et al. [1982]
Parietal 3.5 Hume et al. [1995]
Vertex 3.5 Yoganandan et al. [1994]
Hume et al. [1995] stated that a depressed skull fracture is likely to appear at the tem-
poral area if the impacted area is less than 5 cm2 and the pressure exceeds 4 MPa. McEl-
haney et al. [1970], Melvin et al. [1970] and Robbins and Wood [1969] have reported cranial
bone stress thresholds. According to the mentioned references, a compact cranial bone
breaks in tension at 48-128 MPa, while the cancellous bone breaks in compression at 32-
74 MPa. Raul et al. [2006] proposed a global strain energy of 2.2 J as a 50% risk indicator
for skull fracture. Recently, Monea et al. [2014] suggested an energy failure level of 22-24
J for the frontal site and 5-15 J for the temporal region.
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Translational acceleration based injury criteria
In what concerns translational acceleration, several head injury criteria have been pro-
posed.
Peak linear acceleration. The peak linear acceleration (PLA) is the maximum linear ac-
celeration value. This method ignores the impact duration. Nevertheless, some studies
present limits associated with the duration of an acceleration level. These and other thresh-
olds are presented in table 2.5.
Table 2.5: PLA thresholds.
Injury Tolerance Reference
Head injury a = 80 g for 3 ms Got et al. [1978], Stalnaker et al. [1971]
50% probability: Peng et al. [2012]
AIS 2+: 116 g
AIS 3+: 162 g
AIS 4: 200-250 g Newman [1986]
AIS 5: 250-300 g
AIS 6: > 300 g
Skull fracture 5% risk: a = 180 g Mertz et al. [1997]
40% risk: a = 250 g
50% risk: a = 135 g Peng et al. [2012]
MTBI 25% probability: a = 559 m/s2 King et al. [2003]
50% probability: a = 778 m/s2
75% probability: a = 965 m/s2
50% probability: a = 762 m/s2 Newman et al. [2000b]
95% probability: a = 1131 m/s2
85 g for an impact duration Zhang et al. [2004]
between 10≤t≤30 ms
Concussion a = 81 g Duma et al. [2005]
60.51-168.71 g Guskiewicz et al. [2007]
105 ± 27 g Rowson and Duma [2011]
74 ± 21 g McAllister et al. [2012]
50% of probability: a = 65.1 g McIntosh et al. [2014]
75% of probability: a = 88.5 g
The Abbreviated Injury Scale (AIS) was proposed in a effort to classify injuries accord-
ing to its severity [Committee on medical aspects of automotive safety, 1971]. An AIS of
1 means a minor injury, while an AIS of 6 is attributed to lethal injuries. According to an
updated AIS scale [Gennarelli and Wodzin, 2006], table 2.6 shows the meaning of each
AIS code in terms of injury severity and type.
Head Injury Criterion. The most commonly acknowledged and widely applied head in-
jury predictor is the head injury criterion (HIC), which is based on the assumption that
head linear acceleration alone is a valid indicator. The HIC results from the evolution of the
Wayne State Tolerance Curve (WSTC), developed in the pioneering work of Gurdjian and
his co-workers [Gurdjian et al., 1953, 1955]. Further works were also developed [Gurdjian
et al., 1963], until the final form of the WSTC was published in Gurdjian et al. [1966a], as
shown in Fig. 2.42. This curve was presented as failure criterion for prediction of skull frac-
ture and concussion. This relation between cerebral concussion and skull fracture was also
observed by Melvin and Lighthall [2002], where 80% of all observed concussion cases also
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Table 2.6: AIS head injury classification.
Code Injury Severity Injury description
0 No Injury
1 Minor Injury Scalp abrasion or superficial laceration, nose fracture
2 Moderate Injury Vault and mandible fractures
3 Serious Injury Basilar fracture, total scalp loss, single contusion cerebellum
4 Severe Injury Brain damage: small EDH and SDH
5 Critical Injury Penetrating injuries, brainstem compression, EDH, SDH, DAI
6 Fatal Injury Massive destruction of both cranium and brain
had linear skull fractures. The final form of the WSTC was developed by combining results
from a wide variety of pulse shapes, obtained from cadavers, animals, human volunteers
and clinical research, among others.
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Figure 2.42: The Wayne State Tolerance Curve.
From observing the WSTC, it is possible to conclude that the head can withstand higher
accelerations for shorter durations. Any exposure above the curve is considered an injury,
while below it does not exceed human tolerance. The WSTC is also supported by ex-
periments conducted by Ono et al. [1980] on primates and scaled to humans, which led
to the Japan Head Tolerance Curve (JHTC), very similar to the WSTC. Nevertheless, the
WSTC is based only on direct frontal impacts, and it is not applied to non-contact loading
conditions nor to other impact directions.
By plotting the WSTC in a logarithmic scale, it becomes a straight line with a slope
of -2.5, which was used by Gadd [1966] to propose a severity index called Gadd severity
index (GSI). Gadd [1966] introduced the concept of a severity index to provide a rational
and consistent basis for comparing the severity of various head impacts. It is based on the
WSTC and on long pulse duration tolerance data from Eiband [1959]. The GSI is given by
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the empirical expression 2.2, which was already presented together with some suggested
thresholds in section 2.2.4.
Over the years, this criterion has been reviewed and several modified forms were pro-
posed. One of those reviews was made by Versace [1971], who analysed the relationship
between the WSTC and GSI and proposed a correction:
V SI =
[
1
T
∫
a(t)dt
]2.5
(2.3)
Later, the HIC was proposed by the NHTSA [1972], as a new criterion to identify the
most damaging part of the acceleration pulse by finding the function’s maximum value. The
HIC is given by the expression 2.1, which was already presented in section 2.2.3.
Thus, the HIC approach claims that two parameters, acceleration and its duration over
the time of impact are suitable for the definition of injury onset. However, other researchers
have criticized the HIC use as a suitable predictor for head injury, due to being solely based
on translational acceleration, with no consideration for rotational acceleration [Bellora et al.,
2001, Feist et al., 2009, Gennarelli et al., 1982b, Kleiven, 2003, 2005, Newman, 1980, Ono
et al., 1980, Viano, 1988]. Some authors also tried to predict head injuries with HIC and the
results were not satisfactory [Deck et al., 2003a, Viano, 1988]. In Fig. 2.43, it is possible
to observe the occurrence of head injuries almost independently of the HIC value. In table
2.7, some predicted HIC thresholds for head injuries are presented.
Figure 2.43: Relationship between HIC and the occurrence of skull fracture and brain
damage (adapted from Bullock and Graham [1997]).
Nevertheless, HIC could be an useful predictor for qualitatively comparing energy ab-
sorbing safety devices, representing the global severity level of an impact and the potential
head injury level [Deck et al., 2003a, Hopes and Chinn, 1989]. However, optimisation tech-
niques based on biomechanical criteria are different from the ones linked with the HIC
[Deck et al., 2003b, Deck and Willinger, 2006, Forero Rueda et al., 2011]. Other criti-
cisms about HIC effectiveness can be found in Fenner Jr et al. [2005],Newman [1980] and
Kleiven and von Holst [2002]. Overall, HIC is considered to be not enough to predict head
injuries because it does not take into account the injury type, the head size, the rotational
motion and the impact direction and also has nonsensical units [Newman, 1975]. As a
consequence, the HIC validity has been intensively debated pointing to the necessity of
taking into account these parameters. Nevertheless, HIC is the most disseminated injury
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criterion, being used by some helmet safety standards.
Table 2.7: HIC thresholds.
Injury Tolerance Reference
Head injury Severe but not life-threatening: 1000 Shuaeib et al. [2002a]
8.5% probability of death: 1000 Hopes and Chinn [1989]
31% probability of death: 2000
65% probability of death: 4000
16% probability of life threatening injuries: Horgan [2005]
1000
99% probability of life threatening injuries:
3000
50% probability of AIS 2+: 825 Peng et al. [2012]
50% probability of AIS 3+: 1442
MTBI 25% probability (for HIC15): 136 King et al. [2003]
50% probability (for HIC15): 235
75% probability (for HIC15): 333
50% probability (for HIC15): 240 Newman et al. [2000b]
95% probability (for HIC15): 485
240 Zhang et al. [2004]
50% risk: 533 Marjoux et al. [2008]
Severe TBI 50% risk: 1032 Marjoux et al. [2008]
Skull fracture 50% risk: 667 Marjoux et al. [2008]
SDH 50% risk: 1429 Marjoux et al. [2008]
Concussion 200 Duma et al. [2005]
Rotational acceleration and combined rotational and translational acceleration based
injury criteria
The brain is composed of a natural viscoelastic material. Its mechanical response is depen-
dent on the acceleration magnitude, rate and change of rotational velocity. However, purely
translational or rotational loading to the human head is uncommon in reality, as these types
of movements are not physiologically possible, mainly due to the head-to-neck kinematics.
Rotation is reported as the most injurious loading mechanism to the brain, but in the vast
majority of head impacts, it can be expected that both translational and rotational accel-
erations combined, cause brain injury [Pellman et al., 2006, Post et al., 2012b, Vezin and
Verriest, 2004].
Injury criteria taking into account rotational kinematics or both rotational and transla-
tional kinematics have been proposed by some researchers. Global kinematic measures
include magnitude in rotational and translational acceleration, change in rotational and
translational velocity, and the predictors head injury power (HIP) and the generalized ac-
celeration model for brain injury threshold (GAMBIT). These and other predictors as well
as their thresholds are reviewed in this section.
Rotational acceleration thresholds. The relevance of rotational accelerations in brain
injuries have been emphasized by many researchers, leading them to investigate thresh-
olds to determine brain injury. This has already been discussed in section 2.3.3.
Löwenhielm [1978] showed that angular acceleration must be applied long enough
to attain a critical angular velocity and excessive displacement between brain and skull.
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Löwenhielm [1978] proposed an agular acceleration (α) of 5000 rad/s2 together with an
angular velocity (ω) of 50 rad/s to disrupt bridging veins. In previous studies, Löwenhielm
[1974b, 1975] predicted similar values (α = 4500 rad/s2 or ω = 50-70 rad/s). Fig. 2.44
shows tolerance curves for bridging vein disruption and gliding contusion determined by
Löwenhielm [1978]. Gliding contusions are caused by displacement of the grey matter due
to angular acceleration [Adams, 1992], occurring at the junction between the grey matter
and the white matter. These are sometimes associated with DAI and ASDH [Oehmichen
et al., 2006]. More recently, Monea et al. [2014] proposed an angular acceleration of 10
krad/s2 for a duration of at least 10 ms to cause disruption of bridging veins.
Figure 2.44: Tolerance levels for bridging vein disruption (solid lines) and for gliding contu-
sions (dashed line) (adapted from Glaister [1997]).
COST327 [2001] suggested a limit for rotational acceleration of 5000 rad/s2, together
with a limit for rotational velocity of 40 rad/s. These values are close to the ones presented
in Fig. 2.44 for bridging vein disruption. Ommaya [1984a] suggested a combination of
rotational acceleration lower than 1700 rad/s2 and a velocity higher than 30 rad/s to cause
concussion.
More recently, Gennarelli et al. [2003] hypothesized the magnitude of angular acceler-
ation required to induce concussion and DAI, proposing the injury levels given in table 2.8.
The values in table 2.8 were obtained through this relationship for rotational acceleration
[rad/s2] = 2877.8 × AIS and through this for rotational velocity [rad/s] = 25 × AIS. Recently,
Peng et al. [2012] predicted a 50% probability of AIS 2+ and AIS 3+ head injuries, for an-
gular velocities and accelerations of 40 rad/s and 11368 rad/s2, and 55 rad/s and 18775
rad/s2, respectively.
A summary of more brain thresholds for rotational acceleration and velocity is presented
in table 2.9. The great majority of these studies were performed by inducing rotational
motion in the sagittal plane.
Zhang et al. [2004], using an advanced FEHM, suggested a tolerance for reversible
brain injury levels as less than 85 g for translational acceleration and less than 60 krad/s2
for a head exposed to combined translational and rotational acceleration (impact duration
between 10 and 30 ms).
Earlier, Margulies and Thibault [1992] presented a criterion for DAI, developed using
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Table 2.8: Thresholds based on angular acceleration and angular velocity for DBI prediction
[Gennarelli et al., 2003].
AIS level Injury Severity Angular Acceleration Angular Velocity
[rad/s2] [rad/s]
1 Mild Cerebral Concussion 2877.8 25
2 Classical Cerebral Concussion 5755.6 50
3 Sever Cerebral Concussion 8633.4 75
4 Mild DAI 11511.2 100
5 Moderate DAI 14389 125
6 Severe DAI 17266.8 150
experiments on primates in combination with gel physical models and analytical scaling
procedures. This criterion is represented by curves delimiting equal strain levels in the
analytical model, as a function of the angular acceleration and peak change of the angular
velocity. Judging from Fig. 2.45, rotational accelerations exceeding 10 krad/s2 combined
with a rotational velocity of 100 rad/s or higher, give a risk of DAI for an adult (brain mass
of 1.4 kg).
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Figure 2.45: Angular criterion for DAI prediction based on the relation between peak rota-
tional acceleration and the peak change in rotational velocity.
Gennarelli and Thibault [1982] performed tests on primates and scaled the results to
humans. These are presented in Fig. 2.46. Interestingly, the SDH threshold seemed to
increase with the impulse duration, oppositely to other head injuries such as skull frac-
ture and concussion, as shown in Fig. 2.42. This phenomenon was also observed in
experiments with human cadavers, as reported by Löwenhielm [1974b] and experiments
on monkeys as reported by Unterharnscheidt [1969].
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Table 2.9: Human brain tolerance to rotational acceleration and velocity.
Injury Threshold Reference
Contusion α = 2000 - 3000 rad/s2 Advani et al. [1982]
Concussion 50% probability: Ommaya et al. [1967]
α = 1800 rad/s2 for t<20 ms
ω = 30 rad/s for t ≥ 20 ms
99% probability: α >7500 rad/s2 for t>6.5 ms Ommaya and Hirsch [1971]
α = 14000 rad/s2 for 11 ms Unterharnscheidt [1969]
α = 13000 rad/s2 for 11 ms Ono et al. [1980]
α = 20 krad/s2 for 18 ms Gennarelli and Thibault [1982]
α = 13600 - 16000 rad/s2 and ω = 25 - 48 rad/s Pincemaille et al. [1989]
α = 18 krad/s2 for 18 ms Thibault et al. [1990]
50% of probability: α = 6200 rad/s2 Newman et al. [2000a]
50% of probability: α = 6322 rad/s2 Newman et al. [2000b]
95% of probability: α = 9267 rad/s2 Newman et al. [2000b]
α = 6400 rad/s2 and ω = 35 rad/s Viano et al. [2005]
α = 6200 rad/s2 Fijalkowski et al. [2006a]
α = 7600 rad/s2 for 15 ms Fijalkowski et al. [2007]
α = 7300 rad/s2 for 23 ms
α = 1800 rad/s2 Kleiven [2007b]
α = 6432 rad/s2 Pellman et al. [2003]
α = 5022 rad/s2 Rowson et al. [2012]
α = 5582.3 rad/s2 Broglio et al. [2010]
50% of probability: α = 1747 rad/s2 McIntosh et al. [2014]
75% of probability: α = 2296 rad/s2 (coronal plane)
α = 7912 rad/s2 Duma et al. [2005]
α = 5312 rad/s2 Guskiewicz et al. [2007]
α = 5025 rad/s2 McAllister et al. [2012]
50% of probability: α = 1747 rad/s2 Patton et al. [2013]
DAI α = 20 krad/s2 for 18 ms Gennarelli and Thibault [1982]
α = 19 krad/s2 for 20 ms Gennarelli et al. [1987]
α = 10000 rad/s2 and ω = 100 rad/s Margulies and Thibault [1992]
α = 18000 rad/s2 Ommaya et al. [2002]
α = 8000 rad/s2 or ω= 70 rad/s Kleiven [2007b]
α = 10000 rad/s2 for t>4 ms or ω = 19 rad/s Davidsson et al. [2009]
Mild DAI α = 12500-15500 rad/s2 Ommaya et al. [2002]
SDH α = 32 krad/s2 for 14 ms Gennarelli and Thibault [1982]
α = 10000 rad/s2 Yoganandan et al. [2005]
α = 10000 rad/s2 for t>10 ms Depreitere et al. [2006]
TBI α = 1700 rad/s2 and ω = 60 - 70 rad/s Ewing et al. [1975]
ω <30 rad/s and α < 4500 rad/s2: safe Ommaya [1984b]
ω >30 rad/s and α = 1700 rad/s2: AIS 2
ω >30 rad/s and α > 3000 rad/s2: AIS 3
ω >30 rad/s and α > 3900 rad/s2: AIS 4
ω >30 rad/s and α > 4500 rad/s2: AIS 5
ω <30 rad/s and α > 4500 rad/s2: AIS 5
α = 25000 rad/s2 for short durations Tarriere [1987]
α >5000 rad/s2 Thomson et al. [2001]
4500< α <5000 rad/s2 and ω = 60 rad/s Shuaeib et al. [2002a]
MTBI 25% of probability: α = 4384 rad/s2 King et al. [2003]
50% of probability: α = 5757 rad/s2
75% of probability: α = 7130 rad/s2
α = 6000 rad/s2 for 10<t<30 ms Zhang et al. [2004]
25% of probability: α = 4600 rad/s2
50% of probability: α = 5900 rad/s2
80% of probability: α = 7900 rad/s2
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Figure 2.46: Angular threshold for injury prediction (adapted from Gennarelli and Thibault
[1982]).
Generalized Acceleration Model for Brain Injury Threshold. Newman [1986] attempted
to combine both translational and rotational responses into one injury criterion, consider-
ing that both cause the stresses generated in the brain. Assuming that translational and
rotational acceleration equally and independently contribute to head injury, the GAMBIT
expression is:
G(t) =
[(
a(t)
ac
)n
+
(
α(t)
αc
)m]1/s
(2.4)
where a(t) and α(t) are the instantaneous values of translational and rotational accel-
eration expressed respectively in [g] and [rad/s2]; n, m and s are empirical constants and
ac and αc represent critical tolerance levels for those accelerations.
Some versions of G(t) have been presented [Newman, 1986, Newman et al., 2000a,
COST327, 2001, Mellor and StClair, 2005] as well as some values for the empirical con-
stants (table 2.10). However, GAMBIT was never extensively validated as an injury crite-
rion. Nevertheless, according to Kramer [1998], GAMBIT of value 1 represents a probabil-
ity of 50% for an irreversible head injury. Some other thresholds were proposed and are
presented in table 2.11.
Table 2.10: Empirical constants and critical tolerance values.
Reference n m s ac [g] αc [rad/s2]
Newman [1986] 2 2 2 250 25000
COST327 [2001], Mellor and StClair [2005] 2 2 2 250 10000
Although GAMBIT has some limitations, such as the lack of impulse duration depen-
dency and directional sensitivity [Kleiven, 2002], this was a step in the right direction, com-
bining both translational and rotational accelerations in the same criterion.
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Table 2.11: GAMBIT thresholds.
Injury Threshold Reference
Concussion 50% probability: G ≥ 0.4 Newman et al. [2000b]
95% probability: G ≥ 0.56
Head injury 50% probability of AIS>3: G=1
1.5≤ G ≤2 COST327 [2001]
Head Injury Power. Newman et al. [2000b] reasoned that the translational and rotational
kinetic energy rate could be a viable biomechanical function for head injury assessment.
Newman et al. [2000b] proposed coefficients for the different directions that could be cho-
sen to normalize the HIP with respect to some selected failure levels for a specific direction.
Thus, Newman et al. [2000b] proposed a scaling of the impact power for different directions.
However, coefficients values were not presented and information regarding directional sen-
sitivity was lacking. HIP is expressed by an empirical expression:
HIP = Aax
∫
ax dt+Bay
∫
ay dt+ Caz
∫
az dt+
+Dαx
∫
αx dt+ Eαy
∫
αy dt+ Fαz
∫
αz dt
(2.5)
Each term in this expression represents the change in kinetic energy for one degree
of freedom, where the first half represents the linear contribution and the second one the
angular contribution. The coefficients A, B and C represent the mass of the human head
and D, E and F represent the appropriate moments of inertia for the human head Ixx, Iyy
and Izz respectively, which denote the injury sensitivity for each of the six head degrees of
freedom.
Newman et al. [2000b] validated this criterion only for MTBI. The HIPmax is not validated
for severe head injuries. Nevertheless, some proposed injury thresholds are presented in
table 2.12. The ones proposed by Newman et al. [2000b] are based on a 50th percentile
adult male head. In addition, Newman et al. [2000b] concluded that HIP better correlates
with MTBI than HIC, probably due to incorporating directional sensitivity and both rotational
and translational components. This was also concluded by Marjoux et al. [2008], although
they also indicated that the difference between HIC and HIP, for severe cases, is negligible.
Table 2.12: HIP thresholds.
Injury Threshold Reference
Skull fracture 50% probability: HIPmax = 38 kW Marjoux et al. [2008]
SDH 50% probability: HIPmax = 55 kW
MTBI 50% probability: HIPmax = 24 kW
Severe TBI 50% probability: HIPmax = 48 kW
Concussion 50% probability: HIPmax = 12.8 kW Newman et al. [2000b]
95% probability: HIPmax = 20.88 kW
Kleiven [2005], using a detailed FEHM, found that the change in angular velocity mir-
rored the strain level in the brain better than the HIP and the peak angular acceleration. An
almost constant level of strain was found for a constant change in angular velocity, while
for both the HIP and the peak angular acceleration an increasing strain level was obtained,
for an increase in the impulse duration.
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Rotational Injury Criterion. Kimpara and Iwamoto [2012] proposed the rotational injury
criterion (RIC), which was derived by substituting the resultant linear acceleration of equa-
tion 2.1 for the resultant angular acceleration. Based on concussive NFL head impact data,
Kimpara and Iwamoto [2012] proposed a RIC value of 1.03 × 107 to represent a 50% of
MTBI probability.
Power Rotational Head Injury Criterion. Kimpara and Iwamoto [2012] also proposed
the Power Rotational Head Injury Criterion (PRHIC), which is calculated as the integrated
power of rotational head motion. The goal was to propose a new predictor for head injuries
associated with angular head accelerations from datasets of six degrees of freedom at the
head’ COG [Kimpara et al., 2011]. The expression of this criterion is the same as equation
2.1, where the resultant linear acceleration is substituted by the HIP (only rotational com-
ponents). The maximum integral time duration for PRHIC and also RIC was set to 36 ms,
which was the original time duration set for the HIC. Kimpara and Iwamoto [2012] proposed
a PRHIC value of 8.70 × 105 to represent 50% MTBI probability.
Strain correlated with both accelerations. Aare et al. [2004] have tried to develop a
criterion correlating translational and rotational accelerations with strains in brain tissue.
Previously, Kleiven and von Holst [2003] found that the change in angular velocity best
corresponds to the intracranial strains. On the other hand, for translational impulses, HIC
and HIP have shown the best correlations with the strain levels Kleiven and von Holst
[2003]. Thus, Aare et al. [2004] suggested that following expression:
ε = k1∆ω + k2HIC (2.6)
where ε is the maximum strain component in the brain tissue, ∆ω is the maximum
change in rotational velocity, k1 and k2 are constants. These constants were obtained by
regression analysis for each impact and are available in Aare et al. [2004]. More recently,
Kleiven [2007c] found that a simple combination of rotational velocity and HIC shows a high
correlation with the maximum principal strain in the brain.
No threshold was proposed by Aare et al. [2004]. Nevertheless, there are some works
in the literature where thresholds were proposed for the maximum principal strain. These
are presented in table 2.13.
Stress and strain based injury criteria
There is a tendency among researchers to use head injury predictors that are based on
the head tissue level response, rather than on its kinematics.
Brain injury is reported to correlate well with stress, strain and strain rate [Lee and Haut,
1989, Viano and Lövsund, 1999]. However, strains and strain rates inside the brain are
difficult to measure [van den Bosch, 2006]. This can be achieved using anatomical detailed
and accurate FEHM, where stresses and strains are used to compute injury parameters in
the skull and in the intracranial contents. Therefore, these models bring a detailed injury
assessment closer to reality, since they enable stresses and strains to be examined.
DiMasi et al. [1995] and Bandak [1995, 1997b] developed three component-level injury
predictors representing the general types of brain injuries: the cumulative strain damage
measure (CSDM), the dilatation damage measure (DDM) and the relative motion dam-
age measure (RMDM). Other predictors have been proposed, such as the brain pressure
tolerance and the brain von Mises stress.
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More recently, Takhounts et al. [2003, 2008] proposed the SIMon FE model based on
the above-mentioned injury metrics proposed by DiMasi et al. [1995] and Bandak [1995,
1997b]. The Strasbourg University FEHM (SUFEHM) criteria is also reviewed in the this
section.
Table 2.13: Strain thresholds.
Injury Threshold Reference
Contusion 50% risk: 0.19 (in the cortex) Shreiber et al. [1997]
0.15 (in the cortex) Thibault et al. [1990]
DAI 0.1 Thibault [1993]
0.21 Bain and Meaney [2000]
0.18 Wright and Ramesh [2012]
0.2 Morrison III et al. [2003],Kleiven [2007b]
moderate-to-severe: 0.05-0.10 Margulies and Thibault [1992]
50% probability of mild: 0.31 Deck and Willinger [2008]
50% probability of severe: 0.4
50% probability: Kleiven [2007c]
0.21 (in the corpus callosum)
0.26 (in the grey matter)
0.16 Singh et al. [2006]
0.22 Nakadate et al. [2014]
50% probability: 0.22 Sahoo et al. [2016]
MTBI 0.35-0.45 Viano et al. [2005]
25% probability: Zhang et al. [2003b]
0.26 (in the midbrain)
50% probability:
0.37 (in the midbrain)
75% probability:
0.49 (in the midbrain)
Concussion AIS1: 0.3 and AIS2: 0.35 Zhang et al. [2008]
50% probability: Zhang et al. [2004]
0.19 (in the midbrain)
0.1 Kleiven [2007b]
50% probability: Patton et al. [2013]
0.13 (in the thalamus)
0.15 (in the corpus callosum)
0.26 (in the white matter)
Brain pressure. This is a head injury predictor based on the intracranial pressure. Sev-
eral studies were published with thresholds for this predictor. Some are presented in table
2.14.
Liu and Fan [1998], using a FEHM, concluded that brain pressure has a better sensitivity
for very short time impacts than the HIC. However, computed brain pressure does not
correlate with some brain injuries. Kang et al. [1997] and Miller et al. [1998] criticized
this criterion’s capability to predict brain injuries, particularly DAI. In addition, Willinger and
Baumgartner [2003b] established that computed brain pressure is not correlated with the
occurrence of brain haemorrhages, whereas brain von Mises stress is.
Brain von Mises stress. This criterion assumes that the von Mises stress is the cause
of brain damage. Some of the proposed thresholds are given in table 2.15.
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Table 2.14: Brain pressure thresholds.
Brain injury Pressure [kPa] Reference
Moderate 172.3 Nahum et al. [1977]
Severe or fatal 234.4
Minor or absent ≤173 Ward and Chan [1980]
Severe (coup) 235 Ward et al. [1980], Chafi et al. [2009]
Severe (contrecoup) -186 Ward et al. [1980]
Contusions, oedema 200 Willinger et al. [1999b], Baumgartner [2001]
and haematoma and Raul et al. [2006]
Coup 180 Yao et al. [2006]
AIS3+ (coup) 256 Yao et al. [2008]
(contrecoup) -152
50% risk of MTBI (coup) 90 Zhang et al. [2004]
(contrecoup) -76
Table 2.15: Stress thresholds.
Injury Stress [kPa] Reference
TBI 11 Zhou et al. [1996a]
12 Yao et al. [2006]
8 (in the temporal lobes) Willinger et al. [1999b]
MTBI 50% probability: 18 Willinger and Baumgartner [2003a,b]
Severe TBI 16 Kang et al. [1997]
27 Anderson [2000]
46 Baumgartner et al. [2001]
50% probability: 38 Willinger and Baumgartner [2003a,b]
Concussion 22 Baumgartner et al. [2001]
20 Willinger et al. [2000a]
40 Deck et al. [2003a]
Long duration: 20 COST327 [2001]
Short duration: 10
50% probability: 8.4 Kleiven [2007c]
(in the corpus callosum)
50% probability: 7.8 Zhang et al. [2004]
(in the brainstem)
50% probability: 18 Willinger and Baumgartner [2003a]
Mild DAI 50% probability: 26 Deck and Willinger [2008]
Severe DAI 50% probability: 33
DAI 50% probability: 61.6 [Sahoo et al., 2016]
AIS3+ 14.8 Yao et al. [2008]
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Cumulative strain damage measure. This method was presented by Bandak and Ep-
pinger [1994] to evaluate the strain-related damage within the brain. The idea behind their
hypothesis is the possibility to quantify the mechanical damage in the axonal components
of the brain, once the responsible state of strain is characterized.
Therefore, a cumulative damage measure based on the brain’s cumulative volume frac-
tion calculation, which has experienced a specific level of stretch (maximum principal strain)
is used as a possible predictor for deformation-related brain injury such as DAI [Marjoux et
al., 2008, Takhounts et al., 2008, Zhang et al., 2007].
The CSDM is based on the hypothesis that DAI is associated with the cumulative vol-
ume fraction (%) of the brain matter experiencing tensile strains over a critical level. At
each time increment, the volume of all elements that have experienced a principal strain
above prescribed threshold values is calculated. The affected brain volume monotonically
increases in time during conditions where the brain is undergoing tensile stretching de-
formations, and remains constant for all other conditions (compression, unloading, etc).
Bandak et al. [2001] found that a CSDM level 5 corresponds to mild DAI and a CSDM level
of 22 corresponds to moderate-to-severe DAI, which means that 5% and 22% represent
respectively the brain volume experiencing strain in excess relative to the critical level of
15%, proposed by Thibault et al. [1990]. Takhounts et al. [2003] predicted a 50% probability
of concussion for 55% of brain volume experiencing a 15% strain level. Later, Takhounts
et al. [2008] predicted a 50% probability of DAI for 54% of brain volume experiencing a
maximum principal strain of 0.25. Recently, as a 50% risk threshold for DAI,Sahoo et al.
[2016] reported CSDM values of 0.85, 0.59 and 0.27 for strains of 0.10, 0.15 and 0.25,
respectively.
Other proposed values of brain strain critical levels are presented in table 2.13. The
CSDM is often considered the most promising stress and strain based injury criterion,
since it is based on the brain’s tissue strain. This is an important parameter, mainly when
the brain is submitted to considerable rotations that cause large strains, causing brain
injuries such as DAI [Aare et al., 2003].
Dilatation Damage Measure. The DDM is a pressure-based injury criterion proposed
by Bandak [1997b], which evaluates brain injury caused by large dilatational stresses. It
is supposed to correlate with contusions [Marjoux et al., 2008, Takhounts et al., 2008,
Zhang et al., 2007], by monitoring the cumulative volume fraction of the brain experiencing
specified negative pressure levels.
The DDM is similar to the brain pressure criterion presented previously. Nevertheless,
this one focuses on the amount of dilatational damage caused by negative pressures, usu-
ally associated with contrecoup contusions. The probability of contusion is correlated with
the brain volume fraction where negative pressures can produce damage [Vezin and Verri-
est, 2004].
Similarly to the CSDM calculation, at each time step, the volume of all elements ex-
periencing a negative pressure level exceeding a prescribed threshold value is calculated.
Bandak et al. [2001] suggested a DDM value of 5% at a threshold level of -101 kPa as
an injury threshold. Takhounts et al. [2003] predicted a 50% probability of contusion for a
DDM value of 7.2% for a pressure of -100 kPa.
Other researchers have been presenting tolerance values for negative pressures. Ward
et al. [1980] proposed a value of -186 kPa in tension as a brain tolerance limit. Zhang et al.
[2004] proposed a value of -76 kPa as a 50% risk of MTBI. Yao et al. [2006] proposed a crit-
ical value for contrecoup pressure of -130 kPa. More recently, Yao et al. [2008] presented
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a critical value for contrecoup pressure of -152 kPa as a predictor for AIS3+ injuries.
Relative Motion Damage Measure. The RMDM was proposed by Bandak [1997b] to
evaluate injuries related to brain movements located at the inner surface of the cranium.
RMDM monitors the brain surface tangential motion resulting from combined rotational
and translational head accelerations. Such motions are suspected to be the cause of SDH
associated with large-stretch ruptures of the bridging veins [Marjoux et al., 2008], due to
the brain motion relative to the skull.
The bridging veins have been described by Lee and Haut [1989] as having an ultimate
strain of about 0.5 in tension, while Löwenhielm [1974b] observed failure at strain values
ranging from 0.2 to about 1, depending on the strain rate. A smaller range of 0.3-0.6,
but still within the range observed by Löwenhielm [1974b], was proposed by Monson et
al. [2003] and Morrison III et al. [2003]. Takhounts et al. [2003] proposed rupture of the
bridging veins for a tolerance limit of 1. More recently, Monea et al. [2014] presented a
critical value of 5 mm elongation or 25% stretch limit for the occurrence of ASDH due to
bridging veins rupture.
The majority of FEHMs do not have bridging veins. Nevertheless, RMDM does not
require the modelling of the bridging veins, but rather the monitoring of the relative dis-
placement between node pairs. Each pair represents a bridging vein tethered between the
skull and the brain. Thus, RMDM relies heavily on the correct modelling of the interface
between brain and skull. If the interface is modelled correctly, the RMDM is potentially a
suitable injury criterion to predict SDH [Marjoux et al., 2008, Takhounts et al., 2008].
SIMon criteria. Head numerical models can be useful tools to improve the understanding
of brain injury mechanisms. The simulated injury monitor (SIMon) proposed by Takhounts
et al. [2003], is one of these models. It was originally developed by DiMasi et al. [1995] and
later improved by Bandak et al. [2001]. More recently, this model was updated by Takhounts
et al. [2008], presenting a new FEHM that comprised several parts represented in Fig. 2.47:
rigid skull, cerebrum, cerebellum, falx, tentorium, combined pia-arachnoid complex with
CSF, ventricles, brainstem, and parasagittal blood vessels. The model’s topology was de-
rived from human computer tomography (CT). The skull was assumed to be rigid, whereas
the rest of the structures were considered as deformable, linear viscoelastic, isotropic, and
homogeneous.
The SIMon crteria correspond to a set of thresholds obtained through reconstruction
of real head impacts. These reconstructions were performed by Takhounts et al. [2003,
2008] and the predicted thresholds were already presented in the previous sections. For
instance, a 50% probability of concussion was predicted for:
• a CSDM value of 55% of brain volume experiencing a 15% strain level;
• a DDM value of 7.2% for a pressure of -100 kPa;
In addition, Takhounts et al. [2003] proposed rupture of the bridging veins for a tolerance
limit of 1. More recently, Takhounts et al. [2008] predicted a 50% probability of DAI for
• a CSDM value of 54% of brain volume experiencing a maximum principal strain of
0.25;
• any brain volume experiencing a maximum principal strain value of 0.87;
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Figure 2.47: SIMon FEHM (adapted from [Takhounts et al., 2008]).
SUFEHM criteria Similarly to SIMon criteria, this one is based on a FEHM and on the
thresholds predicted with it, by reconstructing real head impacts with injurious outcomes.
As described in Willinger and Baumgartner [2003b], three injury criteria are computed with
this model:
• The maximum von Mises stress value reached by a significant volume of at least 10
contiguous elements (representing about 3 cm3 of brain volume) is proposed as a
correlation to neurological injury occurrences. Marjoux et al. [2008], for a moderate
and severe neurological injury, obtained von Mises stress values of 27 kPa and 39
kPa, respectively. More recently, Deck and Willinger [2009] updated these tolerance
limits to 28 kPa and 53 kPa, respectively;
• The maximum value reached by the global internal strain energy of the elements
modelling the space between the brain and skull is proposed as a correlation to SDH.
This value represents the integral of σ × ε product over the whole domain between
the brain and skull. Marjoux et al. [2008] found a maximum value reached by the
global strain energy of the subarachnoidal space and proposed it as a correlation to
SDH with a value of about 4211 mJ. This is higher than the 4J proposed by COST327
[2001] as strain energy in the CSF, for prediction of SDH. More recently, Deck and
Willinger [2009] updated this tolerance limit to 4950 mJ and proposed a CSF pressure
of 290 kPa as tolerance for SDH;
• The maximum value reached by the global internal strain energy of the deformable
skull is proposed as a correlation to skull fracture occurrences. Marjoux et al. [2008]
found an internal energy of 833 mJ. A lower value for strain energy magnitude (544
mJ) was proposed by Sahoo et al. [2013] as threshold for 50% risk of human skull
bone fracture. More recently, this value was updated to 448 mJ [Sahoo et al., 2014b].
In addition, Deck and Willinger [2008, 2009] proposed a rational approach in order
to evaluate the ability of head models to predict brain pressures and strains by using a
statistical approach, predicting the following thresholds for DAI:
• Brain von Mises stress of 28 kPa for mild DAI and 53 kPa for severe DAI;
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• Brain first principal strain of 33% for mild DAI and 67% for severe DAI.
All of these predictors are associated with an injury risk of 50%. More recently, the
von Mises stress was updated to 61.6 kPa and the first principal strain to 0.93 for a 50%
risk of severe DAI [Sahoo et al., 2016]. Marjoux et al. [2008] assessed and compared the
injury prediction capability of the HIC, the HIP and the criteria provided by the SIMon FEHM
and SUFEHM. Marjoux et al. [2008] found better injury predictions with SUFEHM criteria
than SIMon criteria, justifying it with the simplicity of SIMon model, whereas SUFEHM
geometry seems closer to the real head anatomy. This was also suggested by Franklyn et
al. [2003], by comparing the results obtained with other state-of-the-art FEHM, the Wayne
State University brain injury model (WSUBIM), with the SIMon model.
Throughout this section, it was evident that there is a wide range of tolerance levels
for each injury criterion that can be justified by different models: physical head models,
FE models, animal models, clinical and cadaver models [Hrapko et al., 2008, Wright and
Ramesh, 2012]. Over the years, with the increasing CPU power, FEM appears to be one
of the most useful tools for researchers in this field. Once a FEHM is validated and the
proper criteria are settled, it may be used to predict accurately the injury outcome from
head impacts. During the last decade, complex FEHMs have been developed. In the next
section, these are reviewed.
2.3.5 Finite element human head modelling
Over the years, FEHMs have been used to understand and predict the head response
under several impact conditions. These models allow an accurate computational-based
prediction of brain injuries, by relating the results to medical investigations based on au-
topsies of corpses involved in real accidents [Kang et al., 1997]. Nowadays, with the huge
development of CPU power, head modelling has evolved tremendously.
Nowadays, only 3D models are relevant for most impact analysis. Nevertheless, 2D
models are still used for parametric studies of controlled planar motions [Darvish and Cran-
dall, 2002, Wright and Ramesh, 2012]. Indeed, since a long time ago, there is a great in-
terest in FE models for head injury research. One of the first 3D models was developed by
Ward and Thompson [1975]. This is a simple model, with simplified geometries and linear
material properties. Later, Shugar [1977] developed a 3D model, by upgrading a previous
2D version [Shugar and Katona, 1975]. In the same year, other simplified models were
developed [Khalil and Hubbard, 1977, Nahum et al., 1977].
A few years later, a great step was made by Hosey and Liu [1982], presenting a ge-
ometric improved FEHM with brain and neck. Over the years, more FEHMs had been
presented, always with complexer geometries [DiMasi et al., 1991b, Mendis, 1992, Ruan
et al., 1991]. In fact, Krabbel and Müller [1996] and Hartmann and Kruggel [1999] devel-
oped a FEHM using CT and magnetic resonance imaging (MRI) scans to model the skull
and brain geometries.
At this point, some of the current state-of-the-art FEHMs were firstly presented. For
instance, the first version of WSUHIM [Ruan et al., 1993, Zhou et al., 1995, 1996a]. This
one was already capable of differentiating the material properties between grey and white
matter. The second version of WSUHIM was developed and upgraded by Al-Bsharat et al.
[1999], by introducing a sliding interface between skull and brain.
More recently, the final version of WSUHIM (Fig. 2.48), was presented by Zhang et al.
[2001a]. This includes scalp, skull, dura, falx cerebri, tentorium, CSF and brain with distinct
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white and grey matter. Concerning the mechanical properties, the brain is characterised
as viscoelastic and an elastic-plastic material model was used for bone.
This model was validated against cadaveric intracranial and ventricular pressure data
[Nahum et al., 1977], relative brain/skull displacement data [Hardy et al., 2001], and facial
impact data [Trosseille et al., 1992]. It was also validated against pedestrian accidents data
[Dokko et al., 2003]. In addition, it was used to reconstruct 53 cases of sport accidents
including 22 cases of concussion by King et al. [2003].
Figure 2.48: WSUHIM (adapted from Zhang et al. [2001a]).
Another model was developed by Claessens et al. [1997], which includes skull, brain
and dura mater. This model was validated for intracranial pressure, by simulating the ca-
daver experiments of Nahum et al. [1977]. Later, Brands et al. [2002] upgraded this model,
by incorporating nonlinear material behaviour on the brain response. Nevertheless, all
structures were assumed to be rigidly connected to each other.
Also in the 90s, Kang et al. [1997] presented a FEHM that is currently considered a
state-of-the-art model, called SUFEHM. The external geometry of the skull was digitised
from a human adult male and the interior geometry was obtained from an atlas. This model
also includes other anatomical features such as the scalp, dura matter and brain, as shown
in Fig. 2.49. Viscoelastic properties were assigned to the brain and the other features
were modelled as isotropic and homogenous [Khalil and Viano, 1982]. This model was
validated [Willinger et al., 1999a,b, 2000c], with regard to cadaveric experiments [Hardy et
al., 2001, Nahum et al., 1977, Trosseille et al., 1992, Yoganandan et al., 1994, 1995]. More
details about the development and validation of this model are described in Willinger et al.
[2000a,b], Willinger and Baumgartner [2003a] and Deck and Willinger [2009].
In addition, tolerance limits were identified by Marjoux et al. [2008] and Willinger and
Baumgartner [2003a] through reconstruction of real accidents, being recognised as a good
DAI predictor [Miller et al., 1998, Smith et al., 2003]. However, a well-defined correlation
between mechanical loading and DAI using FEHM has not been achieved yet [Cloots et
al., 2010]. A possible contribution to this is that the gyri and sulci in the brain, which are not
included in the actual FEHM, can play an important role in the local tissue deformations
[Cloots et al., 2008, Lauret et al., 2009]. Ho and Kleiven [2009] suggested that the inclusion
of sulci should be considered in FEHM as it alters the strain and strain distribution.
More recently, Sahoo et al. [2013, 2014b] upgraded SUFEHM, by developing a more
realistic skull geometry with a variable thickness, which is able to simulate skull fracture.
This one was used to reconstruct real-world trauma accidents, developing a new skull frac-
ture criterion [Sahoo et al., 2016b]. The brain mechanical properties were also improved,
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focusing on high strain rates and nonlinear behaviour [Nicolle et al., 2004]. Later, Sahoo et
al. [2014a] upgraded the model in order to be able to simulate axonal elongation in cases
of head trauma. This was validated, showing the feasibility of integrating axonal direction
information into FEHMs. This recently upgraded model was used to develop new predictors
for DAI, by reconstructing 109 head trauma cases [Sahoo et al., 2016].
Figure 2.49: SUFEHM (adapted from [Fernandes et al., 2013]).
Another state-of-the-art model is the Kungliga Tekniska Högskolan (KTH) human head
model presented in Fig. 2.50. This model was developed by Kleiven [2002] and comprises
nonlinear viscoelastic, incompressible material modelling. It includes scalp, skull, brain,
meninges, CSF and 11 pairs of parasagittal bridging veins. A simplified neck was also
modelled.
The KTH model has been validated [Kleiven and Hardy, 2002, Kleiven and von Holst,
2001, 2002] against experimental pressure data [Nahum et al., 1977, Trosseille et al.,
1992] and relative motion data [Hardy et al., 2001]. More recently, it was also validated
against intracerebral acceleration experiments [Kleiven, 2006b] and skull fracture exper-
iments [Kleiven, 2006a]. Kleiven [2007c] compared various predictors for MTBI, recon-
structing real-world accidents.
Figure 2.50: KTH FEHM (adapted from [Ho and Kleiven, 2007]).
Ho and Kleiven [2007] studied the influence of including vasculature in the KTH model
by modelling a set of blood vessels and concluded that it could be useful for studying ASDH,
since ruptures can be predicted by measuring the strain directly in the blood vessels. Later,
Ho and Kleiven [2009] studied and suggested the inclusion of sulci in FEHMs, since it alters
the strain and stresses distribution in an FE model. In other studies, it is also suggested
that the folding structure of the brain surface and the non-uniform distribution of the CSF
greatly influence both the distribution and the magnitude of the maximum stress and strains
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in the brain [Cloots et al., 2008, Gilchrist and O’Donoghue, 2000, Lauret et al., 2009]. The
KTH model suffered some modifications to be used in some specific studies, such as the
changes done by Li et al. [2011] in order to model the ventricular system. More recently,
the influence of anisotropy was included in this model [Giordano et al., 2014], by modelling
the neural fibres and thus including the axonal orientation as in SUFEHM [Sahoo et al.,
2014a, 2016].
Another model, the University College Dublin Brain Trauma Model (UCDBTM), based
on CT and MRI data, was developed by Horgan and Gilchrist [2003a,b], being improved
later by Horgan and Gilchrist [2004]. The model comprises a scalp, skull, dura, CSF, falx,
tentorium and brain. This was validated against intracranial pressure data from Nahum
et al. [1977] and brain motion data from Hardy et al. [2001]. Further validations were ac-
complished, comparing real-world brain injury events to model reconstructions [Doorly and
Gilchrist, 2006]. More recently, Yan and Pangestu [2011] improved UCDBTM by including
viscoelasticity in the material definition of almost all tissues. In addition, CSF was modelled
as a hydrostatic fluid.
In the last decade, several new models were presented. After state-of-the-art models,
such as WSUHIM, KTH, SUFHEM and UCDBTM, being developed, the majority of these
new models did not improve or bring something new. Most of them have oversimplified
geometries and material properties, being modelled with linear elastic models, with rigid
connected parts or were not properly validated [Belingardi et al., 2005, Cardamone, 2005,
Dirisala et al., 2011, Kim et al., 2005, Motherway et al., 2009, Suh et al., 2005, Ziejewski
et al., 2009]. From this point, only some models are worth mentioning. For instance, the
SIMon model developed by Takhounts et al. [2008] and already presented in section 2.3.4.
Canaple et al. [2003] developed a new model, focusing on the representation of the
skull/brain interface and using a hyperelastic material to represent the CSF. Nevertheless,
the material properties assigned to the other parts were isotropic and homogeneous. This
model was validated for the cadaver impact tests of Nahum et al. [1977] and used in acci-
dents reconstruction [Canaple et al., 2002].
A 3D model of the head-neck complex has been developed by Kimpara et al. [2006] in-
cluding a detailed description of the brain and the spinal cord. According to the authors, the
brain-spinal cord model was useful to investigate CNS injuries. This model was validated
against three sets of brain test data [Hardy et al., 2001, Nahum et al., 1977, Trosseille et
al., 1992]. In the same year, Yao et al. [2006] presented a FEHM that includes the main
anatomical head structures, such as CSF, meninges and brain. This model was validated
for Nahum et al. [1977] tests, and then used to reconstruct real-world pedestrian accidents
[Yao et al., 2008, Yang, 2011].
Iwamoto et al. [2002] presented a FEHM that includes a skull, CSF, sagittal sinus, dura,
falx cerebri, tentorium and brain with distinct white and grey matter, as shown in figure 2.51.
This head was developed to incorporate the Total Human Model for Safety (THUMS), a FE
model of the entire human body. The model was validated for head-neck motions, lateral
bending and rear end impact [Iwamoto, 2003] and for experiments on cadavers [Hardy
et al., 2001, Nahum et al., 1977, Trosseille et al., 1992]. THUMS was also tested with
SUFHEM, showing comparable results [Ipek et al., 2009].
More recently, Mao et al. [2013] developed a new FEHM with precise geometries and
validated it for several experimental cases. This head model was integrated into the full
body model supported by the Global Human Body Models Consortium (GHBMC) [Schwartz
et al., 2015]. This model is composed by scalp, skull, meninges, bridging veins and brain
with distinct white and grey matter. Only the meninges were modelled as linear elastic.
The others were modelled as viscoelastic or elastic-plastic materials. This model was
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validated by Mao et al. [2013] for a huge number of experimental tests, such as brain
pressure [Nahum et al., 1977, Trosseille et al., 1992], brain motion [Hardy et al., 2001], skull
response [Hodgson et al., 1970, Yoganandan et al., 1995], among others. Nevertheless,
significant discrepancies between simulated and experimental results were observed in a
great number of different tests.
Figure 2.51: THUMS model (adopted from [Iwamoto et al., 2007]).
More information about these and other models can be found in Raul et al. [2008] and
Tse et al. [2014]. At the point this work is written, models such as SUFEHM, WSUHIM,
KTH, UCDBTM and GHBMC represent the cutting-edge state-of-art for FEHM. All of these
use nonlinear material models to simulate brain’s behaviour. Although a great number of
FEHMs exist, gyri and sulci are absent in almost all these models. In these, brain’s global
geometry is usually similar to a ellipsoidal structure without sulci and gyri. Basically, a
simplified volume resembling a brain with a smooth surface.
Cloots et al. [2008] reported that gyri and sulci had a significant effect on maximum von
Mises stress value. Cloots et al. [2010] indicated that a well-defined correlation between
mechanical loading and DAI using FEHM has not been achieved yet. A possible contribu-
tion to this is absence of gyri and sulci in brain models, which can play an important role in
the local tissue deformations [Cloots et al., 2008, Lauret et al., 2009]. The folding structure
of the brain surface and the non-uniform distribution of the CSF greatly influence both the
distribution and the magnitude of the maximum stress and strains in the brain [Cloots et
al., 2008, Gilchrist and O’Donoghue, 2000, Lauret et al., 2009]. In addition, Ho and Kleiven
[2009] verified that strain and strain rates during impacts were both reduced in a model with
sulci [Ho et al., 2009], especially for rotational accelerations in the sagittal plane. They also
concluded that the presence of these structures should be considered in future models.
In addition, the relative motion between skull and brain is also important. The majority
of these models have different components with shared or rigidly connected nodes, which
influence the brain’s intracranial motion. Little attention has been paid to the relative motion
between structures. Excessive motion between skull and brain may injure brain’s surface
or even the bridging veins connecting them, which may rupture under excessive loading
[Horgan and Gilchrist, 2003b, Tse et al., 2014]. This may cause damage on the brain’s
surface (sulci and gyri) and even in the brain tissue. Cerebral contusions usually involve
the surface of the brain, especially the crowns of gyri [Gurdjian et al., 1966b, Ommaya et
al., 1971].
Thus, in this thesis, it is developed a new FEHM with a brain model with sulci and gyri
that also allows the brain to move inside the skull. This FEHM is a new contribution to the
state-of-the-art FEHMs.
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Chapter 3
Material characterisation and
modelling
This chapter describes the experimental tests per-
formed to characterize agglomerated cork and the
simulations performed to validate the constitutive
models. This same procedure was done for EPS
and EPP.
This chapter comprises experimental tests performed at quasi-static and dynamic strain
rates under uniaxial compressive loading. In addition, numerical simulations results are
presented in order to test the validity of the developed material models. Finally, it is per-
formed a comparison of the mechanical behaviour between agglomerated cork and syn-
thetic foams in compression. In this work, the material testing and the numerical simula-
tions were divided into three phases:
• Phase I - In the first phase, a few samples of agglomerated cork provided by a manu-
facturer were tested at quasi-static and dynamic strain rates. These were performed
to assess the mechanical behaviour of agglomerated cork and mainly to have input
data for the material model in order to assess its validity.
• Phase II - After checking the validity of the material model, more experiments were
performed in several different agglomerates. These tests were intended to assess
and compare the mechanical behaviour of these agglomerates in order to select the
most promising ones. The referred tests include double impacts.
• Phase III - In the last phase, the constitutive strategy used to model agglomerated
cork under one impact and validated in phase I, was adopted for simulating double
impacts similar to those performed in phase II. In addition, the same experiments
were performed in EPS and EPP foams, which are commonly used in helmets, in
order to establish a comparison. Simulations were also performed for these foams,
validating other material models for further use.
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3.1 Phase I
In the last decades, many researchers have extensively studied the fundamental aspects
of cork’s mechanical behaviour under quasi-static compressive loading [Anjos et al., 2008,
2014, Fortes and Nogueira, 1989, Fortes et al., 2004, Gibson et al., 1981, 1982b, Mano,
2002, Pereira et al., 1992, Rosa and Fortes, 1988a]. However, few researchers studied
cork’s mechanical behaviour when subjected to dynamic compressions. At the moment
this phase was under development, there was only one known publication where cork
was subjected to dynamic loading. Gameiro et al. [2007a] studied cork’s (natural and
agglomerated) mechanical behaviour under impact loading at strain rates ranging from
200 to 600 s−1.
Based on these experiments, Gameiro et al. [2005] also developed a numerical model
for agglomerated cork. However, this was an elastic model with no type of damage in-
cluded. Although cork is a material that recovers almost totally its initial dimensions, af-
ter compression, there is always some damage, which amount depends on the strains
reached. Thus, it is necessary to model this damage in order to simulate multi-impacts.
Regarding numerical simulations of cork, in all publications found in the literature [Gameiro
et al., 2005, Sousa-Martins et al., 2013, Paulino and Teixeira-Dias, 2011, Alves de Sousa
et al., 2012, Coelho et al., 2013, Alcântara et al., 2013], cork was always modelled as an
elastic material without any type of damage.
The purpose of this research is to simulate agglomerated cork’s dynamic compres-
sive behaviour, including its relaxation. This phase also comprises experimental testing at
quasi-static and dynamic strain rates. The quasi-static compression tests are performed
in order to obtain the mechanical properties required to characterise agglomerated cork.
On the other hand, the data from the impact tests is used to validate the numerical model.
Thus, numerical simulations are performed using FEA, and the material model developed
is validated against experimental results.
The same material model was also further validated by simulating the experiments
performed by Gameiro et al. [2007a]. One advantage of this validation is the availability
of the initial part of the relaxation in the compression curves obtained by Gameiro et al.
[2007a]. It should be pointed out the difficulty to obtain experimental data regarding the
material’s relaxation at such strain rates. Thus, in phase I, it is presented a new strategy to
develop a material model for agglomerated cork. The work developed in this first phase is
already published in Fernandes et al. [2014].
3.1.1 Experimental tests
In this study, it is used agglomerated cork, which is produced on an industrial scale and
available in many shapes and sizes. Other advantage is that its behaviour is less variable
than natural cork. For instance, agglomerated cork made of bound cork granules between
0.5 mm and 2 mm, can be considered isotropic. On the other hand, such consideration
cannot be made for natural cork. Also, natural cork has limited dimensions given its ex-
traction process. The agglomerated cork used to perform both quasi-static and dynamic
compression tests, was supplied by Granorte, a Portuguese company.
Quasi-static compression tests
The experimental work performed in this phase was carried out at University of Aveiro labs.
These tests enabled a better and more complex validation of the material model used for
Fábio António Oliveira Fernandes PhD thesis
3. Material characterisation and modelling 91
agglomerated cork. Quasi-static compression tests were performed in a Shimadzu univer-
sal testing machine (Fig. 3.1), as a first step in the characterisation of the agglomerated
cork.
Figure 3.1: Shimadzu universal testing machine.
Seven rectangular samples of agglomerated cork were tested. The agglomerated cork
samples dimensions, the amount of permanent deformation in the compression direction
and the test configuration are shown in table 3.1. This type of agglomerated cork has a
density of 180 kg/m3.
A 10 kN constant force was used to compress the samples. The samples I to IV were
compressed at a velocity of 2 mm/min and the remaining ones were compressed at 10
mm/min. Fig. 3.2 shows two curves obtained in the quasi-statics tests for two different
compression velocities. These curves correspond to samples II and V, compressed at a
velocity of 2 mm/min and 10 mm/min respectively. For the same velocity, the curves from
different samples matched perfectly. These curves follow the typical pattern observed in
cellular materials. There is a small linear elastic region for small strains, which corresponds
to the elastic bending of the cell walls, followed by a plateau caused by the progressive
buckling of the cell walls until the stress rises steeply.
During the compression of sample V, the measured stress was higher for the same
levels of deformation of sample II. Nevertheless, this difference is very small. Thus, the
compressive behaviour of agglomerated cork is almost strain rate independent between
strain rates ranging from 9.62×10−4 s−1 to 4.82×10−3 s−1. According to Gameiro et al.
[2007a], agglomerated cork is strain rate independent when compressed at strain rates
ranging between 10−3 s−1 and 600 s−1.
At the end of these tests, it was observed that agglomerated cork’s relaxation was
faster when compressed at higher velocities. In the case, the recover was faster for the
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compressive velocity of 10 mm/min. Also, the amount of permanent deformation was less
in the samples tested with a compressive velocity of 10 mm/min. However, this difference
was minimal.
In the specific case of the sample VII, the elastic return was higher than 90%. However,
contrarily to the other samples, this one was compressed only to 48% of deformation, in
order to determine what happens when an agglomerated cork sample is compressed to ap-
proximately half of its thickness. This shows the highly viscoelastic behaviour of cork. Fig.
3.3 shows a comparison between the compressed sample I (on the left), which exhibited
more damage and a not tested sample.
Table 3.1: Agglomerated cork samples’ dimensions and the amount of permanent defor-
mation.
Sample a [mm] b [mm] c [mm] Permanent deformation [%]
a 
b 
c 
P 
I 30 28.5 34.65 14.29
II 30 29 34.65 13.56
III 29.55 28.75 34.9 14.18
IV 29.65 28.7 34.6 13.15
V 30.35 28.65 34.6 12.86
VI 30.75 30 34.4 11.92
VII 30.55 28.7 34.55 4.34
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Figure 3.2: Stress-strain curve from quasi-static experimental tests.
In addition, the same findings reported in Rosa and Fortes [1988a] were verified in this
work. They studied cork compression up to 80% of strain, and concluded that the recovery
rate decreases appreciably with time and increases with the degree of deformation pre-
viously imposed. According to Anjos et al. [2008], when cell buckling occurs during cork
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Figure 3.3: Agglomerated cork samples after and before being tested at quasi-static strain
rates.
compression, the initial dimension recovery is associated with the unfolding of the buckled
cell walls which occurs quickly.
In Anjos et al. [2014], cork samples were compressed to an approximate 50% strain
and the results showed that only a small amount of permanent deformation remains (in
the range of 3% to 9%), which corroborates the compression here performed to a strain
of 48% where the permanent deformation was 4.34%. However, these experiments were
performed in agglomerated cork and not in natural cork. Nevertheless, this small amount
of permanent damage corroborates the capacity of the microstructural assembly of the cell
walls to change in order to support that deformation by means of cell corrugation [Anjos
et al., 2014]. According to the same author, it is possible that part of the permanent de-
formation is related to the deformation of pores. Regarding agglomerated cork, part of the
permanent deformation may also be related to the plastic deformation of the thermosets.
Thus, cork’s recovery is explained by the elasticity of its cells, and compression at
strains in the plateau region only corresponds to an increase of corrugations in the cell
walls, which is released immediately when the unloading starts. In fact, the recovery is
done by the unfolding of the buckled cell walls, which must also involve relaxation pro-
cesses at the molecular level in the cell walls [Anjos et al., 2008].
Impact tests
The dynamic tests were performed in a drop tower designed for this purpose. This tests
apparatus consists of a 3 meters long steel tube, placed vertically with two position sensors
at the bottom and separated by a constant distance in order to compute the impact speed.
From the top, a 5 kg hemispherical steel impactor with an accelerometer placed in its centre
was dropped from a height of 3 meters. The impactor’s diameter is 94 mm. Fig. 3.4 shows
the lower part of the tower after an impact. The samples were placed on top of a steel base
made of the same steel used for the impactor.
The uniaxial accelerometer used was the model 1201 from Measurement Specialties
and the model of the two objective reflector sensors was the OPB700ALZ from TT Electron-
ics. An acquisition frequency of 2000 Hz was set using the acquisition card DT9816 from
Data Translation. This was defined by developing an interface in MATLAB programming
language, to process and set the acquisition conditions, computing the impact velocity and
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the acceleration-time history.
Figure 3.4: The lower part of the 3 meter drop-tower used for impact tests.
Impact tests were performed on seven samples of agglomerated cork. Table 3.2 shows
the samples dimensions, the measured velocity at the moment of impact and the amount
of permanent deformation. The amount of permanent deformation was minimal, observing
a small and concentrated plastic deformation in the impact region, as shown in Fig. 3.5.
In addition, this concentration of deformation in the impact region was possibly increased
by the impactor geometry. In Fig. 3.5, it is also possible to see the small amount of
permanent deformation, where half of the gap between the two samples in the impact
region corresponds to the permanent deformation.
Table 3.2: Agglomerated cork samples’ dimensions, impact velocity and the amount of
permanent deformation.
Sample a [mm] b [mm] c [mm] Velocity [m/s] Permanent deformation [%]
I 123 123 34.5 4.89 2.75
II 131.75 124 34.1 5.25 3.08
III 136 121.4 34.15 5.25 3.95
IV 137.8 123.35 34.2 4.5 2.49
V 140.1 129.2 34.2 5.25 3.7
VI 119.35 116.35 34.05 5.25 3.67
VII 119.8 116.7 34.4 4.5 2.63
Analysing the results in table 3.2 and Fig. 3.5, it is possible to conclude that sam-
ples thickness is almost the same before and after the impacts. The dimensional recovery
was almost total, more than 95% of the initial dimension. These results show the great
capability of agglomerated cork to continue absorbing energy after an impact. These val-
ues were measured immediately after impact, which proves the instantaneous recovery
of agglomerated cork after being unloaded, stabilising at a very small value of permanent
deformation. This makes it an optimal material for energy absorption applications where
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multi-impacts will possibly occur. For instance in motorcycle helmets, since in road acci-
dents multi-impacts may occur during 1 second.
In Fig. 3.10, it is shown the mean acceleration curve from the seven impacts. Since the
results were similar, this curve is used in the next section to validate the numerical model.
Figure 3.5: Cut sample at the centre of maximum deformation.
3.1.2 Agglomerated cork modelling
As already referred, several researchers attempted to model agglomerated cork under dy-
namic compression [Gameiro et al., 2005, Sousa-Martins et al., 2013, Paulino and Teixeira-
Dias, 2011, Alves de Sousa et al., 2012, Coelho et al., 2013, Alcântara et al., 2013]. How-
ever, cork was always modelled as an elastic material without any type of damage. Al-
though cork is a material that recovers almost totally its initial dimensions, there is always
some amount damage after compression. This was evident in the experiments presented
in the previous section.
In addition, the material models used in these studies were not properly validated. The
majority of them used the quasi-static curves from Gameiro et al. [2007a] as validation for
dynamic regimes and a few of them did not properly replicate the dynamic compressions
performed in Gameiro et al. [2007a].
Constitutive laws
Abaqus FE code has several built-in material models that can be used to simulate the
mechanical behaviour of a great variety of materials. Agglomerated cork exhibits predom-
inantly an elastic behaviour, where the plastic behaviour represents a small part of cork
mechanical characteristics, only reached at really high deformations. Doing so, Abaqus
nonlinear elastic models seem to be a good initial approach to model agglomerated cork.
Agglomerated cork is primarily modelled as a hyperelastic material, using the hyper-
foam model available in Abaqus material library. This is an isotropic and nonlinear model
typically used to characterise elastomeric foams that present hyperelastic behaviour. It
is valid for cellular solids whose porosity permits very large volumetric changes [ABAQUS,
2010]. It is also intended for finite-strain applications where it can deform elastically to large
strains, up to 90% strain in compression. In addition, agglomerated cork has a Poisson’s
ratio of approximately zero, which means that a typical hyperelastic model is not suitable
for agglomerated cork.
Hyperfoam is defined by a strain energy potential, also known as strain energy density
function, which defines the strain energy stored in the material per unit of reference volume
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(initial volume) as function of the strain in the material. In the hyperfoam material model, the
elastic behaviour of the foams is based on the following strain energy function or potential:
U˜ =
N∑
i=1
2µi
α2i
[λαi1 + λ
αi
2 + λ
αi
3 − 3 +
1
βi
((J)−αiβi − 1)] (3.1)
where N is an integer (the polynomial order), λi are the principal stretches, J is the elastic
volume ratio (J = λ1λ2λ3), µi are the shear moduli, αi and βi are curve-fitting material
parameters. The latter are related to the material compressibility, where the initial bulk
modulus, K0, is given by the following expression:
K0 =
N∑
i=1
2µi
(
1
3
+ βi
)
(3.2)
For each term in the energy function, the coefficient βi determines the degree of com-
pressibility. The coefficient βi is related to Poisson’s ratio, νi, by the expressions:
βi =
νi
1− 2νi (3.3)
νi =
βi
1− 2βi (3.4)
Thus, if βi is the same for all terms, there is a single effective Poisson’s raio, ν. The
coefficients µi are related to the initial shear modulus, µ0, by:
µ0 =
N∑
i=1
µi (3.5)
The principal stretches, λi, are related to the principal nominal strains, εi, by:
λi = 1 + εi (3.6)
This hyperelastic model for elastomeric foams can be combined with other material
model that provides a mechanism to include permanent energy dissipation and stress soft-
ening effects in elastomeric foams. In order to model correctly the permanent energy dis-
sipation and stress softening effects in agglomerated cork, the Mullins effect model is used
together with the hyperfoam material model, providing an extension to the isotropic elas-
tomeric foam model. Thus, this material model is used to include the damage present in
elastomeric foams, modelling energy absorption in foam components subjected to dynamic
loading, under deformation rates that are high when compared to the characteristic foam
time relaxation. In such cases, it is acceptable to assume that the foam material is dam-
aged permanently and the stress softening is interpreted as being due to damage at the
microscopic level [ABAQUS, 2010].
In the case of using just the hyperfoam model, the curve path for unloading is exactly
the same for loading. This means that no energy was dissipated by permanent damage.
With the inclusion of Mullins effect, the path of the unloading will not be the same and
will happen for lower stresses, which means that some energy was dissipated. Fig. 3.6
shows a typical stress-stretch response of an elastomeric foam with energy dissipation.
For instance, considering the primary loading path abb’ of a previously unstressed foam,
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with loading to an arbitrary point b’. On unloading from b’, the path b’Ba is followed. When
the material is loaded again, the softened path is retraced as aBb’. If further loading is
then applied, the path b’c is followed, where b’c is a continuation of the primary loading
path (which is the path that would be followed if there were no unloading). If loading is
now stopped at c’, the path c’Ca is followed on unloading and then retraced back to c’
on reloading. If no further loading beyond c’ is applied, the curve aCc’ represents the
subsequent material response, which is then elastic. For loading beyond c’, the primary
path is again followed and the pattern described is repeated. The shaded area represents
the energy dissipated by damage in the material for deformation until c’. More information
about this model and its implementation in Abaqus is available in Ogden and Roxburgh
[1999].
DISSIPATION IN ELASTOMERIC FOAMS
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Figure 18.6.2–1 Typical stress-stretch response of an elastomeric
foam material with energy dissipation.
Consider the primary loading path of a previously unstressed foam, with loading to an arbitrary
point . On unloading from , the path is followed. When the material is loaded again, the
softened path is retraced as . If further loading is then applied, the path is followed, where
is a continuation of the primary loading path (which is the path that would be followed if there
were no unloading). If loading is now stopped at , the path is followed on unloading and then
retraced back to on reloading. If no further loading beyond is applied, the curve represents
the subsequent material response, which is then elastic. For loading beyond , the primary path is again
followed and the pattern described is repeated. The shaded area in Figure 18.6.2–1 represents the energy
dissipated by damage in the material for deformation until .
Modified strain energy density function
Energy dissipation effects are accounted for by introducing an augmented strain energy density function
of the form
where represent the principal mechanical stretches and is the strain energy potential
for the primary foam behavior described in “Hyperelastic behavior in elastomeric foams,” Section 18.5.2,
defined by the polynomial strain energy function
18.6.2–2
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Figure 3.6: Typical stress-stretch response of an elastomeric foam with energy dissipation
(adapted from ABAQUS [2010]).
In this model, the energy dissipation effects are accounted for by introducing an aug-
mented strain energy density function of the form:
U (λi, η) = ηU˜ (λi) + φ (η) (3.7)
where λi (i = 1, 2, 3) represent the principal mechanical stretches and U˜ (λi) is the
strain energy potential for the primary foam behaviour described by equation 3.1. The
function φ (η) is a continuous function of the damage variable, η, and related to the damage
function [ABAQUS, 2010]. The damage variable, η, varies continuously during the course
of the deformation and always satisfies 0 < η ≤ 1, with η = 1 on the points of the primary
curve (described by the hyperfoam model). When the damage function φ (η) satisfies the
condition φ (1) = 0, the deformation state of the material relies on the curve representing
the primary foam behaviour, U (λi, 1) = U˜ (λi) and the augmented energy function reduces
to the strain energy potential for the primary foam behaviour and thus, the material model
responsible for mimicking the mechanical behaviour is o ly the hyperfoam.
Accounting with Mullins effect, the stresses are computed by:
σ (η, λi) = ησ˜ (λi) (3.8)
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where σ˜ is the stress corresponding to the primary foam behaviour at the current de-
formation level λi. Thus, the stress is obtained by simply scaling the stress of the primary
foam behaviour with the damage variable, η. From any given strain level, the model pre-
dicts unloading/reloading along a single curve (that is different, in general, from the primary
behaviour) that passes through the origin of the stress-strain plot. The model also predicts
energy dissipation under purely volumetric deformation [ABAQUS, 2010].
The damage variable, η, varies with the deformation according to:
η = 1− 1
r
erf
(
Umax − U˜
m+ βUmax
)
(3.9)
where Umax is the maximum value of U˜ at a material point during its deformation history;
r, β and m are material parameters and erf(x) is the error function. While the parameters
r and β are dimensionless, the parameter m has the dimensions of energy. These material
parameters are subject to the restrictions r > 1, β ≥ 0 and m ≥ 0 (the parameters β
and m cannot both be zero). In general, these parameters do not have direct physical
interpretations. The parameter m controls whether the damage occurs at low strain levels.
On the other hand, a nonzero m leads to little or no damage at low strains levels. The
parameter r controls the amount of damage, the larger the value of r, the less the damage
is. The parameter β has a similar effect, the higher it is, the lower is the damage. The
qualitative effects of parameters r and β, while others are fixed, are shown in Fig. 3.7
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Figure 18.6.1–2 Overly stiff response at the initiation of unloading.
st
re
ss
stretch
increasing
       β
σ
~
η   (β  )m       2 σ~
st
re
ss
stretch
increasing
       r
 η  (β  )m       1 σ~
Figure 18.6.1–3 Qualitative dependence of damage on material properties.
The left figure shows the unloading-reloading curve from a certain maximum strain level for increasing
values of r. It suggests that the parameter r controls the amount of damage, with decreasing damage
for increasing r. This behavior follows from the fact that the larger the value of r, the less the damage
variable can deviate from unity. The figure on the right shows the unloading-reloading curve from
a certain maximum strain level for increasing values of . The figure suggests that increasing also
leads to lower amounts of damage. It also shows that the unloading-reloading response approaches the
asymptotic response given by , where is the minimum value of , faster for lower values of .
The dashed curves represent the asymptotic response at two different values of ( and ). For fixed
values of r and m, is a function of . In particular, if ,
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Figure 3.7: Qualitative dependence of damage on material parameters (adapted from
ABAQUS [2010]).
When U˜ = Umax, corresponding to a point on the primary curve, η = 1. On the other
hand, upon removal of def rmation, when U˜ = 0, the damage variable, η attain its mini-
mum value, ηmin, given by:
ηmin = 1− 1
r
erf
(
Umax
+ βUmax
)
(3.10)
For all intermediate values of U˜ , η varies monotonically between 1 and ηmin. The
recoverable part of the energy is obtained by subtracting the dissipated energy from the
augmented energy as:
Urecoverable = ηU˜ (λi)− φ (ηmin) (3.11)
where the residual value of the augmented energy function, φ (ηmin), represents the
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energy dissipated due to damage in the material, upon complete unloading. The damage
energy accumulates with progressive deformation along the primary curve and remains
constant during unloading. During unloading, the recoverable part of the strain energy is
released. The latter becomes zero when the material point is completely unloaded. Upon
further reloading from a completely unloaded state, the recoverable part of the strain energy
increases from zero. When the maximum strain that was attained earlier is exceeded upon
reloading, further accumulation of damage energy occurs.
Impact tests
Agglomerated cork was modelled as a nonlinear elastic material, including energy dissi-
pation and stress softening effects. This was considered valid due to the small amount of
damage observed in the experimental tests. In order to model such behaviour, a combi-
nation between hyperfoam and Mullins effect material models was used. The quasi-static
compression curve obtained from a sample compressed at 2 mm/min and shown in Fig.
3.2, was multiplied by a scale factor of value 3.1 in order to incorporate the dynamic effects,
since the S-shape of the stress-curve of agglomerated cork is constant [Dart and Eugene,
1946]. Gameiro et al. [2005] used a slightly lower value of 3 in a different FE code. The
final multiplied curve used as input is presented in Fig. 3.8.
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Figure 3.8: Quasi-static curve from compression experimental tests and the imported curve
after multiplication by a scale factor of 3.1.
The material density, ρ, of 180 kg.m−3, a null Poisson’s ratio, ν, and the strain energy
potential order, N , of value 3 were also used as input. The latter was concluded as the
best value to model agglomerated cork with the hyperfoam material model, because this
value makes it more stable. It is believed that at least at larger strains, the Poisson’s ratio
is approximately zero during compression. Probably because the buckling of the cell walls
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does not result in any significant lateral deformation. This is one of the main reasons why
it is used the hyperfoam model and not a typical hyperelastic model. The parameters used
as input for this model are presented in table 3.3.
Table 3.3: Parameters introduced in Abaqus material law to characterise agglomerated
cork.
ρ [kg.m−3] ν N r m β a [mm] b [mm] c [mm]
180 0 3 1.1 0.5 0.1 129.69 122 34.23
In order to reproduce numerically the guided drop tests, a rectangular sample with mean
dimensions from the seven samples shown in table 3.2 was modelled. The dimensions of
the sample modelled are shown in table 3.3. Two rigid bodies were also modelled, a fully
constrained bottom plate that represents a steel base and half a sphere that represents the
steel impactor. This setup is shown in Fig. 3.9.
The rigid impactor has just one degree of freedom in the direction of compression, as
in the experiments. The interaction between the sample and the rigid bodies was modelled
with a "hard" surface-to-surface type of contact (Explicit). A friction coefficient of 0.64 was
used to model such interaction. Vaz and Fortes [1998] indicated this value to be the friction
coefficient between cork and smooth steel. A velocity of 5.25 m/s was prescribed to the top
plate. The Abaqus Explicit solver with the large deformation option was used to simulate
the impact.
Figure 3.9: Guided drop test - numerical setup.
In order to create the FE model, the sample was modelled with eight-node linear brick
fully integrated elements. The rigid plate was modelled with rigid quadrangular elements.
The hemispherical impactor was modelled with rigid triangular elements. More details
about the mesh are presented in table 3.4.
The meshes of each part were created always avoiding distorted and warped elements
and special attention was given to the elements size, in order to have reliable results that
were not influenced by mesh elements size but at the same time to have a reasonable
computational time. Regarding the sample’s mesh, several simulations were performed,
Fábio António Oliveira Fernandes PhD thesis
3. Material characterisation and modelling 101
increasing the number of elements until the results converged, defining the optimal number
of elements.
Table 3.4: Mesh properties of the guided drop test parts.
Part Element type Abaqus element N◦ of elements N◦ of nodes
Hemispherical Rigid
R3D3 1142 602
impactor triangular shell
Bottom Rigid
R3D4 4 9
plate quadrangular shell
Sample
Eight-node
C3D8 24816 28080
linear brick
The results from the simulations were compared with the experiments. Fig. 3.10 shows
this comparison in terms of uniaxial acceleration measured during the impact. It is possible
to verify that the results obtained in FEA are close to the ones measured experimentally. In
addition, and given the good validation, Figs. 3.11 and 3.12 show some results computed
numerically. In the last figure, it is plotted the amount of energy dissipated by viscous
effects. In Fig. 3.11, it is plotted:
• The amount of energy dissipated by damage;
• The amount of energy dissipated through frictional effects;
• The model’s internal energy;
• The model’s kinetic energy;
• The model’s strain energy.
Regarding these results, the model was capable of dissipating 24.45 J through damage,
which represents 35.48% of the initial kinetic energy. An amount of 5.25 J is dissipated by
frictional effects. The kinetic energy reached its minimum at 4.35 s, which means that the
impactor velocity at this moment was zero and the rebound just started. When the kinetic
energy reached its minimum (maximum deformation, but not permanent, of 15.16 mm),
the strain energy and the energy dissipated by damage reached its maximum as expected.
The internal energy also reached its maximum because in this model, the internal energy
is computed by the sum between the strain energy and the energy dissipated by damage.
Although, the frictional energy dissipation was small compared to the others, it contributed
to the dissipation of impact energy in this model.
In this model, the energy dissipated by viscous effects is very small, reaching a max-
imum of 22.67 mJ. This represents viscous regularization, not including the energy dissi-
pated by automatic stabilization and viscoelasticity [ABAQUS, 2010]. Although this com-
bination between hyperfoam and Mullins effect provides a mechanism that is similar to
material relaxation, the model here used does not account with the viscoelastic model.
Thus, the energy dissipated by viscous effects can be neglected for this model.
After the minimum kinetic energy, the rebound started and the impactor velocity in-
creased until the impactor lifts off the sample. At this moment, the velocity in FEA re-
mained constant and this explains why the kinetic energy remained constant after 8∼9
milliseconds. Comparing Figs. 3.10 and 3.11, it is possible to see some similarities. For
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Figure 3.10: Acceleration measured during the impacts - results from FEA and experi-
ments.
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Figure 3.11: Energies measured during the impact - results from FEA.
example, when maximum deformation is reached, the kinetic energy is at its minimum and
the acceleration and strain energy are at their maximum.
In Fig. 3.13, it is possible to see the region of the sample where the energy dissipated
by damage is greater for the moment of maximum deformation. The curve that represents
this energy in Fig. 3.11 is computed by summing the total energy dissipated in all ele-
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Figure 3.12: Energy dissipated by viscous effects during the impact - results from FEA.
ments of the model. This procedure is also done to obtain the strain energy and a similar
illustration of Fig. 3.13 is presented in Fig. 3.14 for the strain energy case. According
to ABAQUS [2010], when the Mullins effect is modelled with hyperelastic materials, this
quantity represents the recoverable part of energy in the element.
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Figure 3.13: Illustration of a sample half-cut - total energy dissipated in the element by
damage in mJ.
This nonlinear elastic model represented well the behaviour of agglomerated cork un-
der dynamic compression. The inclusion of Mullins effect seems to represent the energy
dissipation of cork and its recovery. Thus, this material model was considered valid for
further use in cork modelling.
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Figure 3.14: Illustration of a sample half-cut - total elastic strain energy in the element in
mJ.
Modelling based on the literature data
In order to further validate the previously presented numerical model for cork modelling,
experiments performed in Gameiro et al. [2007a] were replicated. It was the only work
available in the literature that presents experimental data regarding the dynamic compres-
sion of agglomerated cork. In addition, the initial part of the unloading curve is present. The
lack of complete data can be justified in part due to the difficulty of measuring the material
recovery at dynamic rates. Thereby, these data were taken into consideration in order to
model agglomerated cork’s dynamic compression and its recovery.
Gameiro et al. [2007a] studied the mechanical behaviour of agglomerated cork under
impact, using the Split Hopkinson Pressure Bar (SHPB) to perform the experimental tests.
In order to reproduce this test in FEA, a cylindrical sample with a diameter of 23 mm and
a length of 25 mm was modelled. Two circular rigid plates were also modelled and a mass
of 4.70 kg and 2.76 kg was attributed to the top plate and the bottom plate, corresponding
to the mass of the SHPB test input bar and output bar, respectively. These plates were
placed next to the base and upper section of the cylindrical sample. This setup is shown in
Fig. 3.15.
These plates have just one degree of freedom in the direction of compression, as in
the SHPB test. The interaction between the sample and the plates was modelled with a
"hard" surface-to-surface type of contact (Explicit). A velocity of 3.9 m/s was prescribed to
the top plate. The Abaqus 6.13 Explicit solver with the large deformation option was used
to simulate the impacts.
In order to create the FE model, the sample was modelled with eight-node linear brick
elements. The two rigid plates were modelled with rigid quadrangular elements. More de-
tails about the mesh are presented in table 3.5. The meshes of each part were created
always avoiding distorted and warped elements. Special attention was given to the ele-
ments size, in order to have reliable results that were not influenced by it, but also to have a
reasonable computing time. Several simulations were performed, increasing the number of
elements over the thickness from 7 to 25 and the seeding over the circumference from 32 to
66 to check convergence of results. Finally, the sample was meshed with 32 elements over
the circumference and 7 elements along the length, resulting in a total of 791 elements.
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Figure 3.15: Split Hopkinson Pressure Bar test - numerical setup.
Table 3.5: Mesh properties of the SHPB test parts.
Part Element type Abaqus element N◦ of elements N◦ of nodes
Plates Rigid quadrangular R3D4 162 183
shell (each plate) (each plate)
Cylindrical Eight-node C3D8 791 1040
sample linear brick
In order to define the strain energy function parameters, data from uniaxial compression
tests (also performed in Gameiro et al. [2007a]) were specified. This enables Abaqus to
compute the hyperfoam material parameters, using a least square method fitting technique.
The stress-strain curve imported into Abaqus is the result of a multiplication between the
experimental compressions tests performed at quasi-static rates by Gameiro et al. [2007a]
and a scale factor (function of the strain rate). This multiplication makes it possible to take
into account the effect of the strain rate increase. This was already done in the previous
validation.
The multiplication by a scale factor is valid for agglomerated cork due to the shape of
the stress-strain curve, which is always the same [Dart and Eugene, 1946, Gameiro et al.,
2007a]. The scale factor used has a value of 3.1 which is slightly superior to the scale factor
of value 3 used by Gameiro et al. [2005] in a different FE code (LS-DYNA). The curve from
quasi-static tests and its multiplied version are presented in Fig. 3.16.
In addition, a density of 293 kg.m−3, a null Poisson’s ratio, and the strain energy po-
tential order, N , of value 3 were also used as input. The latter was again the best value to
model agglomerated cork. These and the parameters of the Mullins effect material model
are presented in table 3.6.
Table 3.6: Parameters introduced in Abaqus to characterise agglomerated cork.
ρ [kg.m−3] ν N r m β
293 0 3 1.01 0.1 0.1
The FEA and experimental results are shown in Fig. 3.17, where σ and  are the
nominal stress and strain, respectively. This graph shows the amount of stress measured
during the compression and also a part of the unloading. Numerical and experimental re-
sults show quite good agreement. Thus, it is concluded that the combination of hyperfoam
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Figure 3.16: Quasi-static curve from the experimental tests performed by Gameiro et al.
[2007a] and the imported curve after multiplication by a scale factor of 3.1.
and Mullins effect material models is capable of reproduce the mechanical behaviour of
agglomerated cork under dynamic compressions.
However, there is a small deviation between the experimental and the numerical results
at the moment of maximum compression. In the experimental one, the maximum stress
value is 5.3 MPa, for a strain value of 0.52. On the other hand, in FEA, a maximum stress
value of 6.1 MPa was measured for a strain of 0.54. Nevertheless, this is the only observ-
able deviation. During almost all loading and unloading, the numerical and experimental
results are similar.
In general, the combination of hyperfoam and Mullins effect material models was able to
reproduce the mechanical behaviour of agglomerated cork during compression and also its
recovery. Although the material model is nonlinear elastic, it was able to dissipate energy
by damage. In addition, the amount of permanent deformation seen in the experiments
was minimal. Thus, the material model is considered valid for simulating agglomerated
cork compressions at dynamic strain rates and possibly for multi-impact simulations.
3.2 Phase II
Different agglomerates have different mechanical properties. Depending on their compo-
sition, the mechanical behaviour may be significantly distinct. For instance, by varying the
granule size, it is possible to change the material properties of the agglomerate. This is
also valid for the binder used to agglomerate the cork granules. In addition, it is possible
to create agglomerated cork products without using a binder. This is the case of expanded
cork, also known as black agglomerate, which is a 100% natural material. There is interest
on study this agglomerate and on evaluating its suitability as impact energy absorber, since
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Figure 3.17: Comparison between experimental and numerical stress-strain curve obtained
for agglomerated cork.
there is a lack of info about it in the literature.
Thus, in this second phase, more agglomerates are tested, including the expanded
ones. The main goal of this stage is to test a great number of different agglomerates in
order to select the most promising ones to be used as helmet liner. Therefore, the criterion
is based on the capacity to withstand considerable amounts of energy and on the capacity
to withstand further successive impacts.
In summary, several agglomerates are submitted to double impacts. These are higher
energy impacts (approximately double) than the ones performed in the previous phase. In
addition to dynamic testing, the samples are also tested under quasi-static loads. This
is important in order to obtain the material properties of each agglomerate. The work
developed in this phase is already published in Jardin et al. [2015].
3.2.1 Experimental tests
In this phase, the behaviour of different types of agglomerates, including expanded cork,
are tested under quasi-static and multiple dynamic loading. Seven distinct types of agglom-
erated cork were tested. These were chosen in order to analyse a wide range of distinct
solutions with different densities, granule sizes and agglomerate type. The agglomerated
and the expanded cork samples were provided by CORKSRIBAS and Sofalca, respectively.
Fig. 3.18 shows the different types of agglomerated cork provided by CORKSRIBAS.
Table 3.7 presents the density values and the range of granule sizes. Exact mixture
ratios and the quantity of binder are commercial well kept secrets. In addition, the specific
composition of the binders was not revealed by the company. It was just indicated that is a
PU based binder.
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Figure 3.18: Agglomerated cork provided by CORKSRIBAS.
Table 3.7: Information about the tested materials.
ρ [kg.m−3] Adopted designation Granule size [mm] Binder
157.0 AC157 2-4 PU
178.0 AC178 2-4 PU
199.1 AC199 0.5-2 PU
216.2 AC216 2-4 PU
122.9 EC122 4-10 Suberin
159.4 EC159 4-10 Suberin
182.8 EC182 4-10 Suberin
In addition to table 3.7, Fig. 3.19 depicts the granule size of some samples. In the case
of the expanded agglomerate, the grain size is much larger than the typical agglomerate.
This difference is explained by the manufacturing process already presented in section
2.1.2. The manufacturing process also explains the lower density of expanded cork, which
is composed by expanded granules without externally added binder.
Quasi-static compression tests
The quasi-static compression tests were performed using a Shimadzu AG 50 KN testing
machine, as in the previous phase. In addition, the video extensometer presented in Fig.
3.20 was also used. The samples are cubes with a size of 60 mm. These were carefully
placed at the centre. The compression tests were carried out at a velocity of 5 mm/min.
The uniaxial compression tests were stopped when a stress of 6.5 MPa was reached. At
this value, all the samples were already densified, as shown in Fig. 3.21.
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(a) (b)
(c) (d)
(e)
Figure 3.19: Macrostructure of some agglomerates: (a) AC216; (b) AC157; (c) AC178; (d)
AC199; (e) EC159.
Figs. 3.21 and 3.22 show the stress-strain curves and the absorbed energy per unit
volume, respectively. A total of 5 samples per each material were tested and the average
result is presented. As expected for a cellular material, it is possible to observe a small
and linear increase of stress for small strains. Then, all the agglomerates exhibit a low
stress plateau for a wide deformation range (approx. up to 60%). This plateau is the key
responsible for the energy absorption capacity of cellular materials. Finally, the materials
reach densification, an accentuated increase of stress occurs for small strain variations.
Once the goal is withstanding large amounts of energy, the mechanical response should
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(a)
(b)
Figure 3.20: Uniaxial compression tests with video extensometer: (a) Messphysik video
extensometer; (b) Experimental testing setup.
include a long plateau with moderate stress values, followed by densification only reached
for high strain values. From this point of view, the AC216 exhibits the highest plateau,
although reaching densification sooner than the other materials. The AC178 presents den-
sification only for high strains but the plateau is characterised by low stress values. The
other agglomerates present plateaus and densification strains between the values mea-
sured for AC216 and AC178. In the end, the agglomerate choice will depend on the desired
application.
Fig. 3.21 shows three lines crossing the stress-strain curves, which indicate the amount
of strain energy per unit volume. The energy density levels are 250, 500 and 750 kJ/m3.
For the lowest energy density level, the material with lower density stores energy at a
lower stress level, reaching a larger deformation. This is the ideal situation for any kind
of protection system, promoting gentle decelerations. For the intermediate level of energy,
the denser material is still not fully compressed, being at the end of the stress plateau,
while the others are already on the densification stage. For the highest level of energy, the
denser material (AC216) provides the best result once the stress level reached is lower
compared to the remaining ones, which present full densification.
In addition, Fig. 3.22 shows the energy per unit volume at the end of the compression,
when a stress level of 6.5 MPa was reached. The trend is not linear but shows a propor-
tional relationship between material density and energy density. Thus, AC216 and EC122
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are respectively the upper and lower bounds in terms of strain energy under quasi-static
compression. Although density seems to play a major role, other factors such as granule
size and binder may also influence the results, explaining why the energy density is not
purely proportional to the material density.
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Figure 3.21: Stress-strain curves of all agglomerates subjected to uniaxial compressions
at quasi-static strain rates.
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Figure 3.22: Strain energy density of each agglomerate for a stress level of 6.5 MPa.
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Table 3.8 gives another quantitative insight, presenting the energy density at 60% of
strain. These values were also calculated from the curves shown in Fig. 3.21. This value
was chosen for being an average strain value for the densification onset. It is interesting
to compare two agglomerates with very similar densities but different binders, for instance,
AC178 and EC182, and also EC159 and AC157. The expanded agglomerates seem to
have a slight advantage over the non-expanded ones. On the other hand, recalling Fig.
3.21, it is possible to verify that expanded agglomerates tend to reach densification earlier
than non-expanded agglomerates bound with PU resin.
Table 3.8: Energy density at the end of compression and at 60% of strain.
Specimen kJ/m3 (at 6.5 MPa) kJ/m3 (at 60%)
AC157 854.5 322.8
AC178 849.2 344.8
AC199 871.2 341.3
AC216 1101.3 633.5
EC122 715.2 210.1
EC159 914.9 406.3
EC182 921.2 385.1
Additionally, the Young’s modulus and the Poisson’s ratio were also calculated. The
Young’s modulus ranged from about 2.5 MPa for the material with lower density to 6 MPa
for the denser AC216. The remaining agglomerates showed values between 2.7 MPa
(EC159) and 4.3 MPa (AC199). However, a significant deviation was observed for some
agglomerates. This is indicated in Fig. 3.23
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Figure 3.23: Young’s modulus of each agglomerate.
Regarding the Poisson’s ratio, an interesting evolution of it with strain is presented in
Fig. 3.24. Similar tests were carried by Fortes and Nogueira [1989] regarding natural
Fábio António Oliveira Fernandes PhD thesis
3. Material characterisation and modelling 113
cork. The Poisson’s ratio, ν, was calculated considering ν = −x/y, where x and y are
the transverse and longitudinal strain, respectively. Fig. 3.20 shows the setup used to
continuously record x and y coordinates of the four dots on the specimen at an acquisition
rate of 5 Hz. Then, the transverse and longitudinal strains were computed by the following
expressions:
x =
∆Lx
Lx0
(3.12)
y =
∆Ly
Ly0
(3.13)
where ∆L is the change in length and L0 is the initial length. Given the experimental
difficulties found to analyse the agglomerates, and for the sake of clearness, the results
of only three materials are shown in Fig. 3.24. At the beginning of compression, the
Poisson’s ratio rises to approximately 0.15 for all agglomerates. As deformation takes
place, and at a microscopic scale, cell walls start to buckle. Immediately, the ratio value
decreases significantly. At some point, approaching densification, the ratio rises again, but
is still considered a low value. In this sense, it is possible to state that there is no constant
Poisson’s ratio concerning cork agglomerates, as it varies with the level of deformation
imposed. In addition, it can be considered that Poisson’s ratio of cork agglomerates is
somewhere between 0 an 0.1.
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Figure 3.24: Poisson’s ratio of three agglomerates.
Dynamic tests
Double impacts were also performed with the same test apparatus and conditions used in
the previous phase (Fig. 3.4). The only difference is the impactor’s mass. In this phase, a
10 kg steel impactor with the same geometry is used. The mass was doubled in order to
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analyse the capacity of the agglomerates to withstand higher impact energies. In addition,
each sample is tested twice for the same impact energy.
The average impact speed was 4.8 m/s. The samples dimensions are 120x120x25
mm. Each specimen was subjected to two impacts (with approximately 20-30 seconds
interval) in order to assess the capacity of cork to keep its impact resistance during multiple
impacts. This is one of the main advantages of cork relatively to EPS, which is the most
used material in energy absorption applications.
However, the samples of EC122, which is the lighter agglomerate, failed to withstand
second impacts. This expanded agglomerate was completely crushed after the first impact.
In order to prevent damaging the accelerometer, no second impact was carried out for
EC122. Thus, the results from impacts on this material were excluded. Fig. 3.25 presents
the accelerations measured during both impacts for each agglomerate.
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Figure 3.25: Double impact responses.
In safety applications, besides keeping its properties after multiple impacts, it is desir-
able that the peak acceleration remains as low as possible and the rate of deceleration is
not too severe. This would imply impact curves with low peaks and large bases. From
analysing Fig. 3.25, it becomes evident that expanded agglomerates performed better,
having lower peak accelerations and lower deceleration rates. From this point of view,
EC159 and EC182 have the best response for both the first and the second impacts. Nev-
ertheless, it must be recalled that these conclusions hold for the specific impact energy
level sustained in the performed tests.
Although the expanded cork performed better, after two impacts, the samples of this
type of agglomerate were completely degraded while the non-expanded ones were intact
and with an excellent recover. Thus, the number of impacts is extremely important in the
case of expanded agglomerates. On the other hand, the number of impacts is almost
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negligible for the agglomerated cork, as shown in table 3.9. This was the reason why
EC122 was discarded from the impact tests, since it was completely destroyed after one
impact.
This difference between the two types of agglomerates is explained by the manufac-
turing process. As already referred, no binder is added to the granules during the man-
ufacturing of expanded cork. In addition, the high temperatures associated with its man-
ufacturing originate some carbonized matter, typically some pieces of burnt wood, which
contribute negatively to the impact performance of the material. This makes white agglom-
erates much more promising in applications dealing higher impact energy levels, especially
if multi-impacts are expected. From this viewpoint, AC199 displays the lowest degradation
in properties and the better performance during the second impact. Among these agglom-
erates, AC216 presents the best performance for a first impact.
Table 3.9: Mean peak acceleration during both impacts impacts.
Material Impact Peak acceleration [g] Increase of peak acceleration [%]
AC157
First 408
73
Second 703.5
AC178
First 403.5
34
Second 539
AC199
First 445
2
Second 452.5
AC216
First 364
35
Second 493
EC159
First 148.5
172
Second 404.6
EC182
First 148.2
155
Second 377.5
The reported results showed that cork agglomerates can exhibit diverse material prop-
erties depending on the granule size, on the binder and even on the manufacturing method.
In literature, agglomerated cork is usually referred as a single type of material. In this work,
a range of agglomerated variations was studied and it was shown that its properties can
indeed have significant variations and even be tailored to fit a particular application, for
instance a crashworthiness application.
In a general sense, it was shown that: i) less dense agglomerates have lower Young
modulus and a lower stress plateau. So, they store lower levels of energy per unit volume;
ii) however, they reach densification stages later than denser samples; iii) specimens with
larger granule size are much more prone to damage mechanisms; doing so, their perfor-
mance during multiple solicitations (e.g., double impact) is severely compromised.
3.3 Phase III
In this last phase, the constitutive strategy used to model agglomerated cork under one
impact and validated in phase I, was adopted to simulate double impacts similar to those
experimentally performed in phase II. In addition, the same experiments were performed
in EPS and EPP foams, which are commonly used in helmets, in order establish a com-
parison. Double impacts on EPS and EPP were also simulated in order to validate other
material models for further use.
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Thus, in this phase, it is compared the mechanical performance of cork agglomerates
against synthetic materials typically used as impact energy absorbers, particularly EPS and
EPP. Firstly, quasi-static compression tests are performed in order to assess the energy
storage capacity and to characterise the stress-strain behaviour of the cellular materials
under study. Secondly, guided drop tests are performed to study the response of these
materials when subjected to multiple dynamic loading (two impacts). Thirdly, FEA is used
to simulate the compressive behaviour of the studied materials under multiple dynamic
loading. The work developed in this phase is already published in Fernandes et al. [2015].
3.3.1 Experimental tests
In this last phase, EPS, EPP, agglomerated cork and its expanded version were tested.
EPS and EPP were tested because they are among the most popular synthetic foams
employed in energy absorption applications, for instance in helmets. Thus, it is possible
to carry a comparison between the most used synthetic materials in energy absorption
applications and cork solutions.
In order to perform this comparison, compression tests were performed at quasi-static
and dynamic strain rates. As in the previous phases, the latter are guided impact tests,
using a drop tower.
Since the aim is to compare cork agglomerates against synthetic materials typically
used for energy absorption in helmets, EPS with a density value of 90 kg/m3 and EPP with
densities of 60 and 90 kg/m3 were selected. These are the density values commonly found
in protective helmets. The synthetic foams were provided by Petibol company. Regarding
the cork samples, considering the previous analysis, three types were selected: AC199,
AC216 and EC159.
These agglomerates were selected based on their impact performance analysed in
phase II. The agglomerated cork samples were chosen due to their relatively low degra-
dation. Although AC199 has the worst impact performance for the first impact, it displays
the lowest degradation in properties and the better performance during the second impact.
Among these agglomerates, AC216 presents the best performance for a first impact and
the second best performance in the last impact.
Overall, the expanded agglomerates presented a better performance regarding the
measured accelerations. However, these were completely degraded after two impacts.
Nevertheless, and since a helmet should be as light as possible, the EC159 was also se-
lected. Overall, this was the material with best impact performance at the first impact. The
cork agglomerates selected for the last testing phase are presented in Fig. 3.26.
Quasi-static compression tests
Uniaxial quasi-static compression tests were again carried out using a Shimadzu AG 50
KN testing machine with video extensometer (Figs. 3.1 and 3.20). The test conditions are
exactly the same as the quasi-static compression tests performed in phase II: compression
velocity of 5 mm/min, 5 samples per agglomerate with an average size of 60x60x60 mm
and a stopping criterion of 6.5 MPa. Thus, in this phase, only the synthetic materials are
tested. The results from these are then compared with the ones obtained in the previous
phase for the selected cork agglomerates,
The output force-displacement curves allowed to compute the Young moduli and to plot
the average stress-strain curves. The latter are presented in Fig. 3.27. As expected, these
cellular materials exhibit a linear increase of stress for very small strains. Then, these
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Figure 3.26: Cork agglomerates selected for a last round of tests.
materials exhibit a wide plateau, keeping a small stress. This plateau is the key respon-
sible for the energy absorption capacity of cellular materials. Finally, the materials reach
densification, characterised by a stress increase that occurs for a small strain variation.
The uniaxial quasi-static stress-strain curves of all the materials tested can now be
compared. From a first look, it can be stated that synthetic materials have a higher Young’s
modulus than cork agglomerates. Also, synthetic foams present a lower slope in plateau
region and a densification for higher strain values.
Once the goal is absorbing large amounts of energy, the mechanical response prefer-
ably should include a long plateau with moderate stress values, followed by densification
only reached for high strains. From this point of view, and focusing only on the agglom-
erated cork, the AC216 is interesting because exhibits a moderate plateau stress. Never-
theless, it reaches densification sooner than the other agglomerates. On the other hand,
AC199 densificates for higher strains but the plateau region has low stress values. Finally,
EC159 presents a behaviour somewhere between the AC216 and the AC199. In the end,
as already referred, the choice depends on the desired application and on the allowed
stress level.
Regarding the synthetic foams, these exhibit high stress plateaus and densification only
occurs for high strains. However, synthetic foams do not recover so well as agglomerated
cork. This is demonstrated in the next section, where the response to double impacts is
analysed.
Fig. 3.28 shows the average value of Young’s moduli and its dispersion. These values
were measured experimentally by computing the slope in the linear elastic region. Ac-
cording to Gibson and Ashby [1997], the most dominant factor of Young’s modulus is the
relative density. This is clear by analysing the different densities of the same type of mate-
rial. Nevertheless, when the agglomerated cork with higher Young’s modulus (the AC216)
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is compared with synthetic foams, it can be seen that the latter show a much higher Young’s
modulus, despite having lower densities. EPS shows a higher Young’s modulus and stress
plateau, which indicates more energy absorbed per unit volume under quasi-static condi-
tions.
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Figure 3.27: Synthetic foams and cork agglomerates stress-strain curves.
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Figure 3.28: Young’s modulus of cork agglomerates and synthetic foams.
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Impact tests
Impact tests similar to the ones carried out in the previous phase are performed. The re-
sults from these impacts are used to further validate the material model developed in phase
I. In addition, in order to compare the impact performance of cork agglomerates against the
commonly used synthetic materials in helmets, EPP and EPS are also subjected to dou-
ble impacts. The results from these will also be used to validate material models. These
models are necessary in a following chapter.
The impacts are similar to the ones performed in phase II. However, the energy level
of the impacts performed in the current phase is similar to the ones performed in the first
phase. This is justified with the insecurity of testing some synthetic materials, believing that
they may fail and damage the measuring system. Thus, a 5 kg impactor is used.
This is the only exception, since the test apparatus and the other test conditions are
the same. The same drop tower is used and the average impact speed and the impactor’s
geometry are the same. In addition, the samples dimensions are also the same. These
conditions are well described in section 3.2.1.
The main goal of these tests is the comparison of the agglomerated cork and the re-
ferred synthetic materials behaviour under dynamic loading. In other words, the capacity
of these materials to absorb energy when continuously subjected to dynamic loading.
Fig. 3.29 presents the acceleration curves measured during both impacts. As in Fig.
3.25, the time between impacts is not real. This makes it easier to be analysed, making
the plot clear and has no influence on the results. The real time between impacts is around
20 to 30 seconds. It is worth noting that the EPP60 second impact is missing in Fig. 3.29
and in table 3.10, since the first impact was more than enough to completely destroy the
samples.
T ble 3 and figure 8 depicts impac  test for the analysed materials. It is worth noting that the 
EPP60 s cond impact data is missing, since the first impact destroyed the samples. 
 
Figure 8 - Acceleration curves with 5 kg impactor. 
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Figure 3.29: Double impacts acceleration-time history.
ig. 3.30 and table 3.10 show that synthetic materi ls clearly ave a hi her degrada-
ti n of their properties. Alth ugh it was possible to visually verify that EPP has a recovery
mechanism, this is not linked to its mechanical properties, being the material with orst
performance for a second impact. Thus, EPP r covery does not bring any advantage over
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EPS, which has a perfectly plastic deformation outside the linear elastic zone. Neverthe-
less, EPP90 was the material with best response in the first impact.
EPP started to be used as liner in American football helmets due to its recovery after
impact [Shuaeib et al., 2007]. However, for two impacts with an energy of 58 J, it only per-
formed well in the first one. For the second impact, the EPS samples with the same density
performed even better. Actually, this level of energy is not that severe. For instance, the
single impact required from ECE 22.05 motorcycle standard is superior to 100 J. Neverthe-
less, the impactor used in the current experiments causes a more localised load in contrast
to a helmet impact, where the shell spreads the impact over a superior area of the liner.
Table 3.10: Increase in peak acceleration between both impacts.
Material Increase of peak acceleration [%]
AC199 85.4
AC216 34.3
EC159 37.1
EPP60 -
EPP90 491.5
EPS90 114.6
By visually comparing the tested cork samples, it is possible to conclude that there is
almost none degradation of the AC216 properties, even after 4 or 5 impacts. In addition,
table 3.10 indicates that this is the material with lower increase in its peak acceleration for
a second impact. Further tests with different masses showed that cork agglomerates can
be employed in applications with a wide range of impact energies. In the previous impact
tests with a 10 kg impactor, AC199 agglomerate had a much reduced degradation of its
properties, 1.7%. Also, in both second impacts with a 5 kg and a 10 kg impactor, the peak
acceleration values were approximately the same.
In addition, the EC159 agglomerate presents again a noticeable degradation of its prop-
erties, but also a good first impact performance. Thus, analysing the results presented in
Figs. 3.29 and 3.30 and in table 3.10, it can be concluded that AC216 was the agglomer-
ate with best performance in both impacts. It was only slightly surpassed by EPP90 and
EPS90 in the first impact. In the second impact, AC216 was by far the material with a better
response. This allied with the fact that this material accumulates low amounts of damage
after several impacts, makes it a promising material for application in protective helmets.
The results from quasi-static compressions performed in the previous section indicate a
larger amount of energy absorbed by EPS. However, when impact situations are evaluated,
some agglomerates, especially the AC216, show a much better compromise between per-
formance and endurance under several impacts. It should be noted that helmet standards
are evolving in the sense of requiring multiple impacts for certification. This can be the
definitive key (along with environmental aspects) to drive a higher usage of natural cellular
materials such as cork.
Thus, these results show that agglomerated cork is an excellent alternative to synthetic
materials. Not only for being a natural and sustainable material but also for withstanding
large amounts of energy continuously. In addition, its capacity to keep some of its ini-
tial properties after loading (regarding mechanical properties and dimensions) makes this
material highly desirable for multi-impact applications.
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Figure 9 - Mean acceleration peak value for both impacts. 
 
Table 3 - Mean acceleration peak increase in the second impact. 
Sample Mean acceleration peak increase (%) 
AC216 34,3 
AC199 85,4 
EC159 37,1 
EPP60 -* 
EPP90 491,5 
EPS90 114,6 
*- did not withstand the second impact 
 
3.3 Simulations 
The impact tests performed in this study were also simulated. This is important to make 
further tests saving material and time. The results from FEA were compared against the 
experiments. Figs. 10 to 15 compare the impactor’s uniaxial acceleration-time history for both 
natural and synthetic materials. 
In general, the results obtained in FEA are close to the ones measured experimentally. 
The acceleration peaks in the simulations with AC199, AC216 and EC159 corks and with both 
EPP60 and EPP90 are very close to the ones measured experimentally. Among these referred 
materials, the worst approximation was obtained in the first impact with EPP90. Regarding the 
impacts duration in the simulations, generally these are very similar to the ones measured 
experimentally, being slightly higher in some simulations. Thus, as concluded in Fernandes et 
al.[6] the combination between Abaqus’s Hyperfoam and Mullins Effect material models is 
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i ure 3.30: Peak acceleration from both i cts.
3.3.2 Numerical simulations
In this last phase, the validated constitutive strategy used to simulate agglomerated cork
subjected to a single impact in phase I, was adopted for simulating the double impacts
performed in the previous section. In addition, EPS and EPP samples, which are materials
commonly used in helmets, were also tested. Thus, in order to model a material such as
EPS, which presents a different behaviour from cork and EPS, a new material model must
be used. This may be useful to assess helmets in an incoming chapter.
The double impacts performed were simulated using Abaqus Explicit solver. The test
conditions indicated in the previous section were used as input. A friction coefficient of 0.75
was used to model the interaction between steel and EPS, as in the study carried out by
Masso-Moreu and Mills et al. [2003]. The friction coefficient between steel and cork is the
same one used in pha e I.
As in ph se I, wo rigid parts were modelled, a fully constrained bottom shell th t repre-
sents a steel base a d a half sphere that rep ents the steel impactor. On the other hand,
the samples were modelled as deformable bodies. The rigid impactor has just one degree
of freedom, as in the experiments. The setup is shown in Fig. 3.9.
The sample was modelled with eight-node fully integrated linear brick elements. The
rigid plate was modelled with rigid quadrangular elements. The hemispherical impactor
was modelled with rigid triangular elements. More details about the mesh are given in
table 3.11.
The meshes of ach part were created always avoiding di torted and warped lements.
Special attention was given to the elements size, in order to have reliable results that were
not influenced by it, but at the same time to have a reasonable computational time. Regard-
ing the mesh of the sample, several simulations were performed by increasing the number
of elements until the results converged, defining the optimal number of elements.
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Table 3.11: Mesh properties.
Part Element type Abaqus element N◦ of elements N◦ of nodes
Impactor Rigid triangular shell R3D3 1142 602
Base Rigid quadrangular shell R3D4 4 9
Sample Eight-node linear brick C3D8 17424 20250
Material modelling
Agglomerated cork and EPP were modelled as nonlinear hyperelastic materials. This sim-
plification was considered valid due to the recovery observed experimentally. On the other
hand, EPS was modelled as a nonlinear plastic material. Agglomerated cork was modelled
by combining both hyperfoam and Mullins effect material models, as in phase I. This same
combination was used to model EPP under compression. Parameters were optimized for
each material. More information about this constitutive strategy can be found in section
3.1.2.
The EPS foam was modelled as an elasto-plastic material. The elastic part is specified
as linear isotropic elasticity, basically defined by Hooke’s law. In order to simulate the plas-
tic behaviour, the crushable foam material model was employed. This model is intended
for the analysis of crushable foams that are typically used as energy absorption structures.
In addition, this model is typically used for foam materials that deform by developing per-
manent deformation.
In this plastic model, the yield surface is a von Mises circle in the deviatoric stress
plane and an ellipse in the meridional (p-q) stress plane [ABAQUS, 2010]. The crushable
foam model with volumetric hardening uses a yield surface with an elliptical dependence
of deviatoric stress on pressure. A point on the yield ellipse in the meridional plane that
represents hydrostatic tension loading is fixed and the evolution of the yield surface is
driven by the volumetric compacting plastic strain [ABAQUS, 2010]. Thus, it assumes
that the evolution of the yield surface is controlled by the volumetric compacting plastic
strain experienced by the material. The yield surface for the volumetric hardening model is
defined as:
F =
√
q2 + α2(p− p0)2 −B = 0 (3.14)
p = −1
3
tr(σ) is the pressure;
q =
√
3
2
S : S is the von Mises stress;
S = σ + pI is the deviatoric stress and I is the identity matrix;
B = αA is the size of the (vertical) q-axis of the yield ellipse;
A =
pc + pt
2
is the size of the (horizontal) p-axis of the yield ellipse;
α = B/A is the shape factor of the yield ellipse;
p0 =
pc − pt
2
is the center of the yield ellipse on the p-axis;
pc is the yield stress in hydrostatic compression (always positive);
pt is the strength of the material in hydrostatic tension.
The yield surface represents the von Mises circle in the deviatoric stress plane and is
an ellipse on the meridional stress plane, as depicted in Fig. 3.31.
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Figure 19.3.5–1 Crushable foam model with volumetric hardening:
yield surface and flow potential in the p–q stress plane.
The yield surface evolves in a self-similar fashion (constant ); and the shape factor can be
computed using the initial yield stress in uniaxial compression, , the initial yield stress in hydrostatic
compression, (the initial value of ), and the yield strength in hydrostatic tension, :
with and
For a valid yield surface the choice of strength ratios must be such that and . If this is
not the case, Abaqus will issue an error message and terminate execution.
To define the shape of the yield surface, you provide the values of k and . If desired, these variables
can be defined as a tabular function of temperature and other predefined field variables.
Input File Usage: *CRUSHABLE FOAM, HARDENING=VOLUMETRIC
Abaqus/CAE Usage: Property module: material editor: Mechanical→Plasticity→Crushable
Foam: Hardening: Volumetric
Calibration
To use this model, one needs to know the initial yield stress in uniaxial compression, ; the initial
yield stress in hydrostatic compression, ; and the yield strength in hydrostatic tension, . Since foam
materials are rarely tested in tension, it is usually necessary to guess the magnitude of the strength of
the foam in hydrostatic tension, . The choice of tensile strength should not have a strong effect on the
numerical results unless the foam is stressed in hydrostatic tension. A common approximation is to set
equal to 5% to 10% of the initial yield stress in hydrostatic compression ; thus, = 0.05 to 0.10.
19.3.5–3
Abaqus Version 6.6 ID:
Printed on:
Figure 3.31: Crushable foam model with volumetric hardening: yield surface and flow po-
tential in the p-q stress plane (adapted from ABAQUS [2010]).
The yield surface evolves with a constant α and thus, α can be computed using the initial
yield stress in uniaxial compression, σ0c , the initial yield stress in hydrostatic compression,
p0c (the initial value of pc), and the yield strength in hydrostatic tension, pt, by:
α =
3k
(3kt + k)(3− k) (3.15)
k =
σ0c
p0c
; kt =
pt
p0c
(3.16)
For a valid yield surface the choice of strength ratios must be such that k has a value
between 0 and 3 and kt is positive. In order to define the shape of the yield surface, values
are provided to k and kt as input for the material model and thus, the necessary σ0c , p0c
and pt are defined. The values here used are based in the ones determined by Mills et
al. [2009a]. In addition, it is used the plastic part of the stress-strain curve obtained for
EPS in a quasi-static uniaxial compression and plotted in Fig. 3.27. pt usually have a weak
effect on the numerical results unless the foam is stressed in hydrostatic tension [ABAQUS,
2010].
The other stress-strain curves presented in Fig. 3.27 were also used a i put in the
hyperfoam model. The strain nergy potential order, N , used in hyperfoam material mod l
was 3. This w s conclu ed as the best value to model agglomerat d cork and EPP. Th se
and ther important material properties us d as input in the models are given in tabl 3.12.
Table 3. 2: Material propertie u ed as input in Abaqus material models.
Material E [MPa] ν kt k r m β
AC199 - 0 - - 1.8 0.01 0.1
AC216 - 0 - - 1.1 0.5 0.1
EC159 - 0 - - 1.01 0.3 0.1
EPP60 - 0.04 - - 1.01 0.01 0.1
EPP90 - 0.03 - - 1.01 0.01 0.1
EPS90 36 0 0.1 2.5 - - -
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Results
The results from FEA were compared against the experiments. Figs. 3.33 to 3.38 compare
the impactor’s acceleration-time history between experiments and simulations, for both
natural and synthetic materials. An illustrative example of the difference between the two
material models used is given in Fig. 3.32, showing a cut of the samples for AC216 and
EPS90 at the end of simulation.
In general, the results obtained in FEA are close to the ones measured experimentally.
The acceleration peaks in the simulations with AC199, AC216 and EC159 agglomerates
and with both EPP60 and EPP90 are very close to the ones measured experimentally.
Among these referred materials, the worst approximation was obtained in the first impact
with EPP90. Regarding the impacts duration in the simulations, generally these are very
similar to the ones measured experimentally, being slightly higher in some simulations.
Thus, as concluded in phase I, the combination between hyperfoam and Mullins effect ma-
terial models is capable of representing, with very good reliability, the behaviour of materials
such as agglomerated cork and EPP.
The worst results were obtained in the simulation of EPS90. The numerical curve
during both impacts is wider than the experimental one. Nevertheless, the impact duration
is approximately the same for both impacts. In addition, the acceleration peaks of both
impacts are reasonably represented. Thus, the results were considered good enough for
further use. For instance, these validated models can be used for testing of protective
helmets, saving material and time.
Therefore, it is important to consider the strain rate independence of agglomerated cork
and EPS. According to Gameiro et al. [2007a], agglomerated cork is strain rate independ-
ent when compressed at dynamic strain rates, especially between 200 s−1 and 600 s−1.
Regarding EPS, there are also studies indicating its strain rate independence for dynamic
regimes [Di Landro et al., 2002, Ouellet et al., 2006]. For instance, Ouellet et al. [2006]
concluded that strain rate effects become pronounced only at rates above 1000 s−1.
In general, the results obtained in FEA are close to the ones measured experimentally.
In this sense, an accurate and reliable framework to simulate the mechanical response of
natural and synthetic cellular materials was established. From the results of this chapter,
agglomerated cork appears to be a completely plausible solution for protective helmets.
Figure 3.32: Illustration of a cut sample after two impacts: (a) EPS90 - Plastic work [mJ];
(b) AC216 - total energy dissipated in the element by damage [mJ].
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Figure 3.33: Comparison between numerical and experimental results - AC199.
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Figure 3.34: Comparison between numerical and experimental results - AC216.
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Figure 3.35: Comparison between numerical and experimental results - EC159.
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Figure 3.36: Comparison between numerical and experimental results - EPP60.
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Figure 3.37: Comparison between numerical and experimental results - EPP90.
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Figure 3.38: Comparison between numerical and experimental results - EPS90.
Fábio António Oliveira Fernandes PhD thesis
3. Material characterisation and modelling 128
Fábio António Oliveira Fernandes PhD thesis
Chapter 4
Finite element head modelling
This chapter presents the modelling of a new and
geometrically detailed FEHM. It is also described
its validation against experimental data from impact
tests on cadavers.
Traumatic brain injury (TBI) is one of the main causes of death and disability. TBI occurs
when a load exceeds the brain tissue tolerance level [Fernandes and Alves de Sousa,
2015]. Road traffic accidents, sports, assaults and work and home accidents are the major
sources. In some of these, the evolution of protective head gear is extremely important.
One way of biomechanically optimising head protective devices is by using a finite element
head model (FEHM).
Once properly validated, a FEHM is a valuable tool. It can be used in protective gear
design and in the reconstruction of injurious events, by predicting brain injuries under sev-
eral impact conditions. FEA allows to compute variables such as stress and strain, which
would be infeasible experimentally (measuring in-vivo). Variables such as strain have been
pointed out as better injury indicators than externally measured linear or angular accelera-
tion (section 2.3.4). Due to legal and ethical reasons as well as the risk of injury, obtaining
data from living human subjects is impossible. In the late 1970s, Nahum et al. [1977] per-
formed impact experiments on cadavers. Currently, the results from this publication are still
being used as reference in FEHM’s validation.
In order to better understand the mechanisms of TBI, several research groups have
developed FEHMs, some of them with detailed geometric descriptions of anatomical fea-
tures and different material properties [Horgan and Gilchrist, 2003b, Kleiven, 2007c, Ruan
and Prasad, 1995, Sahoo et al., 2014a, Takhounts et al., 2008, Yang, 2011, Zhang et al.,
2011]. Detailed information about these models and the evolution of FEHMs is presented
in section 2.3.5.
The first FEHMs appeared between the late 1970s and early 1980s. These were simple
2D models with some questionable results. Since then, the biomechanics of the brain for
injury analysis and prevention has been a very active area of research [Miller, 2011]. With
the increasing CPU power, more complex models have been developed.
More realistic 3D models were only possible in the 90s and further with the advances
in computing [Horgan and Gilchrist, 2003b, Kleiven, 2007c, Mao et al., 2013, Sahoo et
al., 2014a, Takhounts et al., 2008, Yang, 2011, Zhang et al., 2001a]. These are the more
complex ones found in the literature. There are a great number of other models, but these
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are oversimplified or not validated.
Although a great number of FEHMs exist, gyri and sulci are absent in almost all these
models. In these, brain’s global geometry is usually similar to spheroidal/ellipsoidal struc-
tures, without sulci and gyri. Basically, a simplified volume resembling a brain with a smooth
surface. Cloots et al. [2008], using a 2D FE model, reported that gyri and sulci had a signif-
icant effect on von Mises stress maximum value. Additionally, Cloots et al. [2010] indicated
that a well-defined correlation between mechanical loading and DAI using FEHM has not
been achieved yet. A possible contribution to this is absence of gyri and sulci in brain mod-
els, which can play an important role in the local tissue deformations [Cloots et al., 2008,
Lauret et al., 2009]. The folding structure of the brain surface and the non-uniform distribu-
tion of the CSF greatly influence both the distribution and the magnitude of the maximum
stress and strains in the brain [Cloots et al., 2008, Gilchrist and O’Donoghue, 2000, Lauret
et al., 2009]. In addition, Ho and Kleiven [2009] verified that strain and strain rates during
impacts were both reduced in a model with sulci, especially for rotational accelerations in
the sagittal plane. They also concluded that the presence of these structures should be
considered in future models. Fig. 4.1 shows in detail sulci and gyri structures.
Gyrus
Sulcus
Figure 4.1: Illustration of the structures gyri and sulci.
The relative motion between skull and brain is also important to model. The majority
of these models have shared or rigidly connected nodes, which influence the brain’s in-
tracranial motion. Little attention has been paid to the relative motion between structures.
Supported on this, Claessens et al. [1997] created a geometrically simple FEHM where
structures inside the head have the ability to move relative to one another.
Excessive relative motion between skull and brain may injure brain’s surface or even
the bridging veins connecting them, which may rupture under excessive loading [Horgan
and Gilchrist, 2003b, Tse et al., 2014]. In addition, excessive relative motion may cause
damage on the brain’s surface (sulci and gyri) and even inside the brain. Cerebral contu-
sions usually involve the surface of the brain, especially the crowns of gyri [Gurdjian et al.,
1966b, Ommaya et al., 1971].
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Thus, in this chapter, it is presented the modelling and validation of a FEHM with a brain
model with sulci and gyri. This model will also allow the brain to move inside the skull. The
model developed and validated in this work can give a great contribution in predicting brain
injuries, using also proper criteria. For instance, cerebral contusions due to the geometrical
detail of the brain surface. The work developed in this chapter was already accepted for
publication [Fernandes et al., 2017].
4.1 Methods and Materials
In this work, a FEHM is developed. Different steps were necessary to model it: geometric
modelling, material modelling, contact definition and validation. In order to validate it, the
experiments performed by Nahum et al. [1977] and Hardy et al. [2001] in cadavers were
simulated. These are important to validate the brain response in terms of pressure and
motion, respectively.
4.1.1 Geometric modelling
In this work, the head modelled is based on medical images. These are typically used
to correctly model the human body. Computer tomography (CT) and magnetic resonance
imaging (MRI) are usually used to observe what is happening inside our bodies. The first
technique, CT, is normally employed to observe bone structures, whereas MRI technique
is suitable for soft tissues. Thus, in this work, CT and MRI were used to generate the skull’s
and brain’s geometry, respectively.
In order to accurately generate skull’s geometry, 460 images spaced 1.5 mm and ob-
tained from CT scans were used. From this set of slices, the skull’s geometry was extracted
by creating a region of interest (ROI) with the Osirix software [Osirix, 2003]. This skull’s
ROI was created by automatic segmentation using Osirix’s plug-in, MIA. Afterwards, this
ROI was manually adjusted in some slices at the sagittal and coronal planes in order to
improve the skull’s geometry,as shown in Fig. 4.2.
Figure 4.2: CT scans used to model the skull geometry.
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Brain’s geometry was generated from segmentation of MRI data, employing the same
technique used for the skull. The MRI data consisted of 181 T2-weighted slices taken at
1 mm intervals in a human male head. With T2 weighted images, it was possible to dis-
tinguish the brain from the other intracranial contents. Some manual adjustments were
applied at all the three planes, sagittal, coronal and axial, in order to improve the skull’s
geometry. Nevertheless, after manual segmentation and geometry generation, some irreg-
ularities and deviations were still present. These were lightly smoothed using Meshmixer
software [Meshmixer, 2012], without compromising the model’s global geometry. In addi-
tion, a software named Meshlab was also used in order to close any existing gaps in the
triangular mesh of the geometric model (STereoLithography (STL) model) [Cignoni et al.,
2008]. Both STL meshes have a suitable amount of triangles, generating precise geome-
tries without overloading the computer.
These STL models were then imported to CATIA in order to create 3D solid computer-
aided design (CAD) models. After successfully generating skull and brain CAD models,
the space between skull and brain was used to model the cerebrospinal fluid (CSF). On
other words, brain and skull models acted as "sculpting moulds" in the modelling of CSF, as
shown in Fig. 4.3. Finally, these CAD models were imported into Abaqus 6.13, creating the
FE meshes. Fig. 4.3 shows a summary of the methodology used to create the geometry
of the YEt Another Head Model (YEAHM).
Medical Images STL model 
CAD model FE model 
Figure 4.3: Methodology used to model YEAHM geometry.
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4.1.2 Description of the YEAHM
The human brain can be simply described as a soft highly metabolically active tissue, float-
ing in CSF within the rigid cranium [Bilston, 2011]. These protect the brain from external
mechanical loads experienced by the head during normal daily life. Thus, YEAHM consists
of skull, CSF and brain as shown in Fig. 4.4. This shows a cross section of the model and
illustrates the anatomical features of the head.
The brain model has all important sections: frontal, parietal, temporal, and occipital
lobes, both hemispheres, cerebrum, cerebellum, corpus callosum, thalamus, midbrain,
and brain stem. It was not possible to separately segment CSF and structures such as
membranes and bridging veins because of the resolution of MRI data. Then, a volume was
created to represent all these parts between skull and brain. It was named as CSF due to
its larger volume. Also, there is no consensus if cerebral vasculature should be included or
not in head modelling [Ho and Kleiven, 2007, Zhang et al., 2002].
In addition, the cerebral ventricular system was also modelled and filled with CSF. The
CSF is described using solid elements with a low shear modulus, as in other publications
[Yang, 2011]. The global CSF model is a combination of the CFS and the meninges. For
instance, the inner surface of the CSF model acts as the pia mater, surrounding the brain
and dipping down into sulci and fissures and thus, acquiring the brain shape.
YEt Another Head Model (YEAHM) 
 
Skull Brain 
CSF 
Figure 4.4: YEAHM consists of skull (blue), CSF (red) and brain (green).
The adult human skull is made up of eight bones that are rigidly connected by sutures.
For this reason, there is no need to model them as separate bones. It has been reported
that the skull thickness can vary from 4 to 9 mm [Kleiven, 2002, Ruan and Prasad, 2001].
YEAHM’s skull has a variable thickness in this range, being geometrically accurate. In
addition, most FEHMs developed so far have a skull with uniform thickness [Yang and
King, 2011].
In addition to the ventricles and the skull with a variable thickness, the latter was also
modelled with some of its real irregularities at the base. Ivarsson et al. [2002] indicated that
the ventricles and the irregular skull base are necessary in modelling head impact, since
the latter protects nerves and vessels passing through the cranial floor by reducing brain
displacement. Ivarsson et al. [2002] also concluded that CSF relieves strain in regions
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inferior and superior to the ventricles. This is supported by Kleiven [2005], observing also
low levels of strain in the vicinity of the ventricles, probably due to strain relief around them.
All parts were modelled as solid. Due to the complex geometry of skull, brain and CSF,
these were meshed with tetrahedral elements. The YEAHM is constituted by a total of
991617 elements. All YEAHM was modelled with four-node linear tetrahedron with one
integration point. More details about the mesh are presented in table 4.1.
Table 4.1: YEAHM’s mesh info.
Part Number of elements Number of nodes
Skull 57257 14443
CSF 98032 27499
Brain 836328 153749
In order to verify the mesh influence, a mesh convergence analysis was carried out
by varying the mesh density. Mesh convergence is used to check how small the element
size should be to ensure that simulation results are unaffected by a further refinement.
Basically, ensuring the best solution and consuming the minimal computational resources
as possible. The mesh was considered converged when there was a negligible change
in the numerical solution with further mesh refinement. In addition, some quality mesh
measures were also assessed by tools available in ABAQUS, including the aspect ratio,
shape factor, tri-face corner angles and edge size. Stable time increment was always used
a criterion when verifying the elements.
Special attention was also given to volumetric locking. Tetrahedral elements may show
volumetric locking, especially in case of soft tissues such as the brain, which are modelled
as almost incompressible materials [Miller and Chinzei, 2002]. Thus, artificial stiffening due
to incompressibility was always a concern. Therefore, a very refined mesh was used.
Modelling of YEAHM is a nonlinear problem, which involves finite deformations, nonlin-
ear material models, complex loading and boundary conditions and geometric nonlinearity.
In order to perform a feasible numerical simulation, a correct geometry must be used but
that is not enough. Material properties should be previously assigned to the model and
special attention must be taken regarding the boundary conditions and the interactions
between the various structures of the model.
4.1.3 Material modelling
Most biologic materials have nonlinear behaviour. In order to accurately simulate the brain
response to loading conditions, accurate constitutive models must be used. Experimental
data to identify the parameters for the constitutive models are also necessary.
The fidelity of FEHM models is highly dependent on the accuracy of the material proper-
ties used to model biological tissues [Rashid et al., 2012a]. Depending on the application,
viscoelastic and even purely elastic models have been used by various research groups.
The most appropriate constitutive model that can be used to describe brain tissue will de-
pend heavily on the topic of interest [Bilston, 2011].
The characteristic time scale is very important when choosing a material model [Rashid
et al., 2012a]. In the case of head impact, the duration is usually of the order of millisec-
onds. Therefore, brain tissue must be characterized with properties over the expected
range of loading rate appropriate for potentially injurious circumstances [Rashid et al.,
2012a]. Strain rates in the range of 10 - 100 s−1 and compressive strain levels of 10 - 50%
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are the ones of direct relevance to impact injury [Bayly et al., 2006, Margulies et al., 1990,
Meaney and Thibault, 1990, Morrison et al., 2006]. These are the ones used by Rashid et
al. [2012a] to characterize brain tissue and used in this work to model the brain. Although
the brain tissue samples tested by Rashid et al. [2012a] were from porcine, Nicolle et al.
[2005] and Thibault and Margulies [1998] observed no significant difference between the
mechanical properties of human and porcine brain matter. Thus, the properties of porcine
brain tissue may be used in the modelling of the human brain.
Rashid et al. [2012a,b] determined the mechanical properties of fresh brain tissue by
performing unconfined compression tests and tensile tests at strains rates up to 90 s−1
and strains up to 30% and also relaxation tests to determine the time dependent material
parameters. Although these tests were performed at 23◦C, the mechanical properties of
brain tissue in unconfined compression are not affected significantly by variations in test
temperatures (22-37◦C) [Rashid et al., 2012c].
Rashid et al. [2012a] found a significant increase in elastic moduli with the increase
in strain rate, which confirms rate dependency. Cheng and Bilston [2007], Tamura et al.
[2007] and Pervin and Chen [2009] covered a broad range of loading rates and also found
that brain tissue was strain-rate sensitive.
Failure or tissue yield in shear appears to begin at approximately 100-200% strain at
low-to-moderate loading rates [Bilston et al., 2001]. This is a significantly higher strain than
the one brain can withstand in tension and compression [Bilston, 2011]. Reports indicate
failure for peak strains up to 30-50% and 20-60% for compression and tension, respectively
[Bilston, 2011]. Thus, in this work, experimental data from compression and tensile tests
were used to model the brain.
In summary, brain tissue is a very soft, strain rate sensitive, nonlinear viscoelastic ma-
terial. It is usually assumed to be incompressible, or nearly incompressible, due to its
very high water content [Brands et al., 2004, Miller and Chinzei, 1997]. Franceschini et al.
[2006] subjected brain tissue to different conditions of hydration and verified brain’s tissue
incompressibility.
In this research, it is used a hyperelastic model to describe the nonlinear elasticity,
combined with a viscoelastic model to describe the time-dependent behaviour. Both hyper-
elastic and viscoelastic material laws were already used to describe the brain’s behaviour
[Horgan and Gilchrist, 2003b, Miller et al., 2000, van Dommelen, 2011]. Thus, a hyper-
viscoelastic material model is used to simulate brain tissue.
As for the hyperfoam model, the generic hyperelastic model is defined by a strain energy
potential, also known as strain energy density function, which defines the strain energy
stored in the material per unit of reference volume (initial volume) as function of the strain
in the material. Each hyperelastic model has their own strain energy potential, W , from
which the relationship between stress and strain tensors is derived. The strain energy
function, W , is usually defined in terms of the invariants (I1,I2,I3) of the strain tensor,
which is itself defined by the deformation gradient tensor, F . This relation is established by
the left Cauchy-Green deformation tensor, B:
B = FFT (4.1)
The invariants of B are defined as:
I1 = tr(B) = λ21 + λ
2
2 + λ
2
3 (4.2)
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I2 =
1
2
[tr(B)2 − tr(B2)] = λ21λ22 + λ22λ23 + λ21λ23 (4.3)
I3 = detB = J2 = (det(F ))2 = λ21λ
2
2λ
2
3 (4.4)
where λi are the principal stretches and J is the total volume ratio given by the deter-
minant of the deformation gradient. The Ogden model [Ogden, 1972] has been used in the
past to describe the nonlinear mechanical behaviour of the brain, as well as of other non-
linear soft tissues [Brittany and Margulies, 2006, Lin et al., 2008, Miller and Chinzei, 2002,
Prange and Margulies, 2002, Velardi et al., 2006]. Soft biological tissue is often modelled
with success by the Ogden hyperelastic function:
W =
N∑
i=1
2µi
α2i
(λ¯αi1 + λ¯
αi
2 + λ¯
αi
3 − 3) +
N∑
i=1
1
Di
(J − 1)2i (4.5)
where λ¯i are the deviatoric principal stretches, which can be obtained through the rela-
tion between the total volume ratio J and the the principal stretches λi,
λ¯i = J
−1/3λi (4.6)
N , µi, αi and Di are material parameters. The initial shear modulus can be obtained
through the equation 3.5. The bulk modulus for the Ogden form is given by:
K0 =
2
D1
(4.7)
Thus, the one-term Ogden hyperelastic function is given by:
W =
2µ0
α21
(λ¯α11 + λ¯
α1
2 + λ¯
α1
3 − 3) +
1
D1
(J − 1)2 (4.8)
If a material is incompressible, the third strain invariant has a value of 1, and the strain
energy function is only a function of the first two invariants. Thus, an isotropic hyperelas-
tic incompressible material is characterized by a strain-energy density function W which
is a function of two principal strain invariants only. The stress-strain relationship is then
obtained from a partial derivative of the strain energy potential with respect to deformation
gradient tensor F .
The elastic and viscoelastic behaviour of brain tissue can be characterized using an
Ogden based nonlinear viscoelastic model [Rashid et al., 2012a]. The relaxation response
is based on a Prony series and the strain energy function is developed in the form of a
convolution integral, already used by some research groups [Rashid et al., 2012a, Miller
and Chinzei, 2002, Prange and Margulies, 2002].
Thus, in order to model the brain’s nonlinear elasticity and the time-dependent be-
haviour, the one-term Ogden hyperelastic model and a Prony-series are combined:
W =
2
α21
∫ t
0
[µ(t− τ) d
dτ
(λ¯α11 + λ¯
α1
2 + λ¯
α1
3 − 3)]dτ +
1
D1
(J − 1)2 (4.9)
Hence, the relaxation of the time-dependent shear modulus µ(t) to describe the viscous
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response of the tissue is:
µ(t) = µ0[1−
n∑
k=1
gk(1− e−t/τk)] (4.10)
where µ0 is the initial shear modulus, τk are the characteristic relaxation times and gk
are the relaxation coefficients, which can be determined from the experimental data.
Rashid et al. [2012a,b] estimated optimal parameters for one-term Ogden model and for
Prony series, which provided an excellent fitting to the experimental data. The parameters
used in this research are based on the ones determined by Rashid et al. [2012a,b]. Table
4.2 presents the values used to model the brain.
Table 4.2: Properties used to model the brain.
ρ [kg/m3] µ [MPa] α1 D1 [MPa] g1 g2 τ1 [s] τ2 [s]
1040 0.012 5.0507 0.04 0.5837 0.2387 0.02571 0.02570
Mechanical properties of grey and white matter are expected to be different. Unfor-
tunately, data reported in literature are not consistent in terms of which brain matter is
stiffer than the other [Yang and King, 2011]. There is a lack of data about the mechanical
properties on axonal directional dependency to justify the use of such a computationally
expensive representation [Yang and King, 2011]. Limited by CPU power, it is also not
practical to model individual cells and axons at this stage. As a result, most head models
assume the brain to be homogeneous and isotropic [Miller et al., 2011], as in this work.
Simulations with CSF modelled as fluid were performed, but the required computational
resources to simulate it were excessive. CSF was modelled as a solid with a very low shear
modulus and as a hyperelastic material, using the Mooney-Rivlin strain energy potential:
W = C10(I¯1 − 3) + C01(I¯2 − 3) + 1
D1
(J − 1)2 (4.11)
whereW is the strain energy per unit of reference volume; C10, C01, andD1 are material
parameters; and I¯1 and I¯2 are the first and second deviatoric strain invariants defined as:
I¯1 = J
−2/3I1 (4.12)
I¯2 = J
−4/3I2 (4.13)
The bulk modulus can be obtained through the equation 4.7. The initial shear modulus
is given by:
µ0 = 2(C10 + C01) (4.14)
Table 4.3 gives the values used to model the CSF. The CSF density used is the same as
water since the two are similar. Regarding the values used for the C10, C01 and D1, these
are higher than the ones typically used in the literature. This is normal since YEAHM’s CSF
global model needs to account for all the internal contents, except the brain. Nevertheless,
the relation C10 = 0.9 C01 used by Gilchrist [2003] was here adopted.
Skull bone is usually modelled as linear elastic and isotropic material, which is consid-
ered a reasonable approximation [Kleiven, 2002]. In this work, it was also modelled as an
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Table 4.3: Properties used to model the CSF.
ρ [kg/m3] C10 [MPa] C01 [MPa] D1 [MPa]
1000 0.9 1 0.9
isotropic linear elastic material. Table 4.4 gives the values used to model the bone, where
ρ, E and ν are the density, Young’s modulus and Poisson’s ratio, respectively.
Table 4.4: Properties used to model the skull.
ρ [kg/m3] E [MPa] ν
1800 6000 0.21
Given the complexity and strong nonlinearity of brain tissue mechanical response, it is
unrealistic to expect that one constitutive model will fit all circumstances. Depending on the
loading regimes, specific brain tissue properties may be necessary to capture the correct
response of brain tissue. Fortunately, the following tests performed in cadavers and used
for validation were designed to replicate road accidents.
4.1.4 Contact and boundary conditions
During a head impact, CSF makes it possible for brain to move relatively to the skull. A
great number of researchers fix the brain surface to the skull, sharing the nodes or even
creating a rigid connection. This is not biofidelic and the best alternative is to allow the
motion between brain and skull.
In order to correctly simulate the brain response upon impact and mimic experimental
test conditions, appropriate boundary conditions must be applied. The relative motion
between the skull and brain is simulated by the sliding interface between the skull and CSF
and between the CSF and brain. Finite sliding formulation and kinematic contact method
were used with a friction coefficient for tangential behaviour of 0.2 as used in Horgan and
Gilchrist [2004] and proposed by Miller et al. [1998].
4.2 Validation of YEAHM - cadaver experiments
Over the decades, a few studies were made on human cadavers. Some of these, which
are considered benchmark tests, were used in this study to validate YEAHM. Experiments
from Nahum et al. [1977] and Hardy et al. [2001] were used to assess YEAHM’s intracranial
pressure response and brain motion, respectively.
4.2.1 Nahum et al. [1977] experiments
Nahum et al. [1977] performed impacts by submitting rigid masses travelling at a constant
velocity against stationary seated unembalmed cadavers. These type of tests and data are
rare due to the nature of it. Nevertheless, these tests performed by Nahum et al. [1977]
are today’s reference for FEHM validation.
Careful storage of this type of experimental material together with testing soon after
death were necessary in order to gather useful information [Fallenstein et al., 1969, Nahum
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and Smith, 1976]. Since the impacts were performed on cadavers, the authors of these ex-
periments performed static fluid pressurization of the cranial vascular network and cerebral
spinal fluid space to in vivo pressure levels at impact. According to Nahum and Smith
[1976], the inability to study pathophysiologic changes and therefore, questions concern-
ing the mechanisms of concussion are some of the disadvantages of using post mortem
material. Nevertheless, the unembalmed cadaver could supply information regarding tis-
sue changes that would be considered either lethal or reversible over an extended period
of time in vivo and might be correlated with intra-operative or post mortem observations.
In addition, in Nahum and Smith [1976], all of the tissue changes produced in the experi-
mental specimens were observed in post mortem examination of in vivo head injury cases
[Lindenberg et al., 1960].
In these tests, the head was not supported and it was not constrained. Thus, the head
motion during impact was not influenced. The blow was delivered to the frontal bone in the
mid-sagittal plane in an anterior-posterior direction. The skull was rotated forward so that
the Frankfort anatomical plane was inclined 45° to the horizontal. Various padding materi-
als were interposed between the skull and impactor to obtain the proper impact duration.
The experiment selected to validate YEAHM, experiment 37, is the most used in the
literature to validate FEHMs. In addition, the subject of this experiment has the closest
cranial anthropometric measurements to YEAHM. These measurements are described in
table 4.5. Both, the experiment 37 and the volunteer from who the medical images were
obtained, are male subjects. A lateral view of an adult human skull, indicating the Frankfort
anatomical plane and the cranial landmarks used in the anthropometric measurements, is
shown in Fig. 4.5.
Table 4.5: Cranial anthropometry comparison between experiment 37 and YEAHM.
Subject Age A[mm] B[mm] C[mm] D[mm] E[mm] F[mm] G[mm] H[mm]
Exp.37 42 145 167 192 136 223 560 372 355
YEAHM 65 145 169 186 133 223 559 349 351
A - Head breadth (maximum above ears) E - Head height (gnathion to vertex)
B - Head length (inion to glabella) F - Head circumference (max. forehead, over ears)
C - Head length (ophistocranon to glabella) G - Head midsagittal arc length (inion to glabella)
D - Head height (tragus to top of head) H - Head coronal arc length (tragus to tragus)
In experiment 37, a cylindrical mass of 5.59 kg hit the subject at 9.94 m/s. Fig. 4.5
illustrates the configuration for simulation of the head impact test. The boundary conditions
of simulation were defined based on test configurations. The impactor was defined as rigid,
and the padding material in its front end was modelled as a linear elastic material with a
Young’s modulus of 6 MPa and a Poisson’s ratio of 0.16.
The impact duration is so short that the neck has no effect on head response in this
time window. Nahum et al. [1977] observed that dynamic pressure changes within the skull
had ceased before significant rotation of the skull had occurred. Thus, a free boundary
condition was assumed. ABAQUS 6.13 Explicit solver with the large deformation option
was used to simulate the impacts.
The validation consists in the simulation of experiment 37 performed by Nahum et al.
[1977], which is the reference for FEHMs validation. In these experiments, the input force
and the intracranial pressure-time histories were recorded. Transducers were placed in
the frontal bone adjacent to the impact contact area, immediately posterior and superior
to the coronal and squamosal sutures respectively in the parietal bone, and inferior to the
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v=9.94 m/s
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Figure 4.5: Configuration of Nahum experiment for model validation. Anatomic landmarks
used in craniometric measurements.
lambdoidal suture in the occipital bone. Additionally, transducers were placed in the oc-
cipital bone at the posterior fossa. In the selected experiment, bilateral occipital pressures
were also monitored. Thus, the contact force between the impactor and the head, and the
pressure in five different positions were used in YEAHM’s validation. An illustration of the
regions used by Nahum et al. [1977] to measure the pressure is shown in Fig. 4.6.
In order to validate YEAHM, the results from simulation and from experiment 37 are
compared in Figs 4.7-4.12. Figs 4.7, 4.8, 4.9, 4.10, 4.11 and 4.12 show the contact force
between the impactor and the head, frontal pressure, parietal pressure, occipital pressures
and posterior fossa pressure, respectively.
Nahum et al. [1977] recorded high positive peak pressures beneath the impact site in
the frontal region. The same was observed in the simulations with YEAHM. The pres-
sure decreased and eventually became negative as the area opposite to the blow was
approached, which was also observed in the results of the simulations. The greatest neg-
ative pressures were generated at the posterior fossa, which due to the inclination of the
skull, was the point opposite the impact site. This was also observed in the simulations
with YEAHM.
There is a reasonable agreement between the results computed with YEAHM and the
ones reported by Nahum et al. [1977]. In this simulation of a blunt impact to a stationary
head, it was clear the faster movement from skull relatively to the brain, which originated a
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Figure 4.6: Regions where pressure was measured by Nahum et al. [1977].
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Figure 4.7: Comparison of input force between experimental and simulation results.
pressure gradient. Upon the impact, the skull and the brain tend to relatively move towards
the impact site creating an area of elevated pressure where the intracranial tissues are
compressed. This is known as coup and opposite to it, where brain tissues are stretched
and under negative pressures, is known as contrecoup contusion [Chinn and Hynd, 2009].
Figs 4.13 and 4.14 illustrate pressure gradients across the brain, showing the coup and
contrecoup phenomenons during the simulation of Nahum’s experiment.
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Figure 4.8: Comparison of frontal pressure between experimental and simulation results.
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Figure 4.9: Comparison of parietal pressure between experimental and simulation results.
Some discrepancies observed in the previous figures may be explained by several
factors. According to Bilston [2011], tests with fresh and post-mortem tissues may give
different results. Also, some internal contents, such as the meninges, were not modelled
separately, which may have influenced the results. Nevertheless, the results from the simu-
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Figure 4.10: Comparison of occipital pressure between experimental and simulation re-
sults.
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Figure 4.11: Comparison of occipital pressure between experimental and simulation re-
sults.
lations were good enough to consider YEAHM validated. Actually, comparing these results
with the ones from state-of-the-art models available in the literature, the YEAHM results
are quite good. Thus, the intracranial pressure of YEAHM is considered validated.
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Figure 4.12: Comparison of posterior fossa pressure between experimental and simulation
results.
Figure 4.13: Coup phenomenon (hydrostatic pressure [MPa]).
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Figure 4.14: Contrecoup phenomenon (hydrostatic pressure [MPa]).
4.2.2 Hardy et al. [2001] experiments
In addition to the experiments performed by Nahum et al. [1977], experiments from Hardy
et al. [2001] are also used by other authors to validate their models. This is usually done
to validate the motion of the brain model. One of these experiments is the C755-T2. It
is an occipital impact with a velocity of 2 m/s. In these experiments, the local brain mo-
tion was measured by tracking neutral-density targets (NDTs), using a high-speed biplanar
X-ray system during different impact conditions. The NDTs were implanted in two verti-
cal columns, a posterior and an anterior columns located at the occipito-parietal and the
temporo-parietal regions respectively, as shown in Fig. 4.15. In the coronal plane, the two
columns were approximately aligned with the right eye.
The head model nodes nearest located to the position of the NDTs were used to val-
idate the brain response during numerical replication of the test. In addition, Hardy et
al. [2001] measured the head kinematics (all six degrees of freedom, three components
of translational and rotational acceleration) during impact. The exactly same kinematics
measured by Hardy et al. [2001] during the C755-T2 experiment, were applied to the local
coordinate system attached to the YEAHM’s COG, which is the origin and a reference point
of the skull. The latter was modelled as rigid for this validation and the local coordinate sys-
tem moves with it. Modelling the skull as a rigid part in this specific case, it is considered a
feasible simplification due to the absence of skull fracture and considerable deformations.
In addition, the skull bone is much stiffer than brain matter and thus, modelling it with a
much higher Young’s modulus or as a rigid part is reasonably the same. Additionally, it is
not simulated a direct impact. Instead, the translational and rotational accelerations mea-
sured by Hardy et al. [2001], were used as input for simulation of C755-T2 experiment. The
data used to drive YEAHM are shown in Figs. 4.16 and 4.17.
The simulation for experiment C755-T2 was conducted and the brain motion data of the
selected nodes were compared with experimental NDTs displacement. The simulation was
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Figure 4.15: Illustration of the NDTs columns location used to track brain motion.
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Figure 4.16: Translational acceleration used as input for simulation of C755-T2 experiment.
conducted up to a duration of 60 ms, which is the duration of the experiments performed
by Hardy et al. [2001].
YEAHM has been validated against the pressure data provided by Nahum et al. [1977].
In order to further validate this model, validations were performed regarding brain motion
from the experimental impacts performed in Hardy et al. [2001]. The experiment C755-T2
from Hardy et al. [2001] was replicated with YEAHM.
The brain model nearest nodes to the position of NDTs were chosen to analyse the
brain motion during the simulation. The simulation for experiment C755-T2 was conducted
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Figure 4.17: Rotational acceleration used as input for simulation of C755-T2 experiment.
and the brain motion data of selected nodes were compared with experimental NDTs rela-
tive displacement.
The simulation results for the relative displacement of five NDTs locations in X and Z di-
rections for the occipital impact test C755-T2 and its comparison with experimental data are
illustrated in Figs. 4.18 and 4.19. Fig. 4.18 shows the displacement-time history for NDTs
at the temporo-parietal region. Fig. 4.19 shows the NDTs motion at the occipito-parietal
location. In both figures, the left and right plots represent the NDTs relative displacement
in the X and Z directions, respectively. The motion pattern of the NDTs is typically charac-
terized by maximum and minimum displacements which lay between 20 and 40 ms.
Although there are some differences between the experiments and the results from
the simulations, Figs. 4.18 and 4.19 show that simulations are in accordance with the
experimental data from the NDTs. In general, the simulated relative displacements are
close to the experiments or at least follow the same trend. The major discrepancies found
in these simulations with YEAHM were the maximum displacements in X direction for NDTs
1 and 2 in both anterior and posterior columns. In other words, the worst results computed
with YEAHM were the relative displacements in X direction for NDTs a1, a2, p1 and p2.
The source of this discrepancy could be the absence of a singular model for falx cerebri and
cerebelli and tentorium cerebelli, instead of modelling everything as a CSF global model.
Nevertheless, these results were considered good enough to trust on YEAHM’s brain
motion response. In addition, by comparing the results of YEAHM with other FEHMs avail-
able in the literature and cited as state-of-the-art models in chapter 2, excellent results
were computed with YEAHM. Probably because the majority of these FEHMs have simpli-
fied brain geometries and a fixed brain surface to the skull.
In conclusion, in this chapter, a new FEHM was developed and validated against the
cadaver impacts performed by Nahum et al. [1977] and Hardy et al. [2001]. This model has
a geometric accurate brain model, where sulci and gyri are present. In addition, relative
motion between brain and skull is also possible with this model. YEAHM, associated with
suitable head injury criteria, can be used in many applications, for instance in accidents
reconstruction and in the design of helmets.
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Figure 4.18: Comparison of displacement-time histories, measured by the anterior col-
umn of NDTs located at the temporo-parietal region, between C755-T2 experiment and its
simulation with YEAHM.
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Figure 4.19: Comparison of displacement-time histories, measured by the posterior col-
umn of NDTs located at the occipito-parietal region, between C755-T2 experiment and its
simulation with YEAHM.
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Chapter 5
Finite element modelling and
evaluation of a helmet available on
the market
In this chapter, a helmet available on the market was
modelled and validated in order to assess its safety
performance. Additionally, a preliminary analysis is
performed, by establishing a direct comparison be-
tween liners made of EPS and cork agglomerates.
In this chapter, a motorcycle helmet already certified by some standards is assessed
with YEAHM. A FE model of this helmet is created and validated. The validation is per-
formed by simulating the ECE standard impacts, the same ones used to certify the helmet.
The materials used in these simulations were already validated in chapter 3. This valida-
tion regards to the acceleration measured at the headform’s COG during the linear impacts
defined in the ECE 22.05 standard. Additionally, the HIC values for each impact were also
compared.
Nowadays, the majority of helmets standards are targeted with criticism involving their
test methods and certification criteria. Some of these issues were already addressed
specifically in subsection 2.2.3 and throughout the entire section 2.2. Some of these criti-
cisms are related to the fact of only assessing linear acceleration, establishing criteria that
depend on the maximum value of linear acceleration (PLA) or on the linear acceleration-
time history (HIC).
For instance, motorcycle accidents involving helmeted impacts and usually resulting in
severe injuries are frequently associated with rotational forces [Aare et al., 2004, Gennarelli,
1983, Otte et al., 1999]. When these forces act on the head, the results are large strains
in the brain, which have been proposed as a cause of severe TBI, for instance DAI and
SDH due to the tear of neuronal axons in brain tissue and the rupture of bridging veins,
respectively [Gennarelli, 1983, Margulies and Thibault, 1992].
With the development of FE helmet models, it is possible to assess the influence of
a large number of parameters in a way that would be extremely expensive and inflexible
for experimental testing. For instance, the evaluation of different materials, if the models of
these were already validated. In this study, after validating the helmet model and assessing
it with YEAHM, cork agglomerates were used as liner, keeping the same conditions such
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as helmet geometry and impact conditions, only changing the liner material.
These models can even be optimised according to a specific criterion. For instance,
Tinard et al. [2012b] evaluated the real injury risk of a certified motorcycle helmet with a
validated FEHM. In order to do this, a FE motorcycle helmet was also developed and vali-
dated [Tinard et al., 2012a]. Tinard et al. [2012b] assessed the helmet model with a FEHM
and concluded that a standard-approved helmet has a significant injury risk associated.
This prediction was performed by simulating the impact tests required by the ECE 22.05
standard. Then, the helmet model was optimised against biomechanical criteria, by using
the FEHM rather than the standard criteria. These results showed that even if a helmet
passes the impact tests required by the ECE 22.05 standard, there is a high risk of in-
jury associated with these same impacts. Thus, from this study, it was possible to confirm
the potential of FEHMs in helmet design and the problems associated with the standards
criteria.
Additionally, Tinard et al. [2012b] optimised the helmet by improving the shell’s geome-
try and changing the material, based on the FEHM predictions. A similar analysis is done
in this chapter, by evaluating a standard-approved motorcycle helmet. If a significant in-
jury risk is identified, the helmet’s liner will be optimised in terms of geometry and material
according to YEAHM’s predictions.
Summing up, in this chapter, a commercially available helmet approved by the ECE
22.05 standard is assessed with a FEHM. In order to do this, a FE motorcycle helmet model
is created. This numerical model is validated by simulating the energy absorption tests pre-
scribed by the ECE 22.05 standard. Then, results from simulations and from experimental
impact tests used to certify this helmet are compared. In addition, cork agglomerates are
evaluated as helmet liners in order to establish an additional comparison with EPS. Some
parts of the work developed in this chapter are already published in Fernandes and Alves
de Sousa [2013b], Fernandes et al. [2013] and Ptak et al. [2016].
5.1 Materials and methods
In this work, the modular motorcycle helmet presented in Fig. 5.1 was modelled. This
commercially available helmet fully meets the ECE 22.05 regulation [ECE R22.05, 2002],
the U.S. Regulation DOT [U.S. Department of Transportation, 2012] and also the Brazilian
Regulation NBR-7471 [ABNT, 2001].
5.1.1 Motorcycle helmet modelling
A FE model of the helmet presented in Fig. 5.1 was created. Several steps were needed
before reaching this final FE model. The overall geometry of the helmet was provided
by the manufacturer. Nevertheless, an arduous stage of geometric modelling was still
necessary in order to have a FE mesh with a still accurate geometry. The geometry of the
different parts that compose the helmet was improved in CATIA software. The final result
is presented in Fig. 5.2. Then, each of theses parts was imported into Abaqus in order to
be meshed.
Figs. 5.1 and 5.3 show the developed FE helmet model, which includes the shell and
the different parts of the liner. The latter is divided in three parts due to assembly con-
straints. These parts were considered the main and most important ones regarding the
helmet impact performance.
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Figure 5.1: Certified motorcycle helmet and the developed FE model.
Figure 5.2: Final CAD model fitted with the test headform, which base is parallel to the
axial plane.
In the literature, it is rare to find a study where the comfort padding was modelled. In
one exception, Brands [1996] modelled the comfort liner and concluded that its effect is
negligible. In addition, Pinnoji and Mahajan [2010] affirmed that this extremely soft foam
does not contribute to energy absorption, being used only for fitting helmets to different
head sizes. As a result of its low stiffness, the comfort foam deforms completely without
absorbing any relevant amount of energy, and therefore, has no direct influence in impact
protection [Beusenberg and Happee, 1993, Cernicchi et al., 2008]. Thus, comfort paddings
do not have influence on the headform’s response during an impact [Tinard et al., 2012a,b].
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Therefore, from a cost-benefit ratio, the comfort padding was not modelled.
The liners thickness varies from 20 mm to 50 mm. The thickness of the green liner in
Fig. 5.3 varies mostly between 40 and 50 mm, being only thinner at the low rear region.
This represents a considerable thickness and a high EPS volume. Actually, this is be-
coming a tendency, since helmets are becoming thicker, probably due to updates in some
standards, which are requiring higher energies or more than one impact. On the other
hand, the white liner thickness varies from 20 to 40 mm, being also thinner at the low rear.
The outer shell made of ABS has a thickness of 3 mm.
Figure 5.3: FE helmet model - A cut view at the sagittal plane.
According to ECE 22.05 regulation, for the size of this helmet, a 5.6 kg headform should
be used (M size). The developed FE headform model is shown in Fig. 5.4 and its inertial
characteristics are given in table 5.1. In addition, Fig. 5.4 shows the coordinate system
used to apply the principal inertial moments. After assembling all the helmet components,
the headform was fitted in the helmet as shown in Fig. 5.5.
Table 5.1: Headform mass and principal inertial moments.
Mass [kg] Ixx [kg.cm2] Iyy [kg.cm2] Izz [kg.cm2]
5.6 370 440 300
5.1.2 Finite Element Mesh
The FE motorcycle helmet model was created using four-node linear tetrahedral elements
to mesh the liner. This type of element was used to model it mainly due to its complex
geometry. On the other hand, the shell was modelled with four-node linear shell elements
with enhanced hourglass control. The headform and the flat anvil were modelled with rigid
quadrangular elements. Although ECE 22.05 standard requires more than one anvil, only
the flat anvil was modelled because it is the most impacted object (for instance, the road
surface) in motorcycle crashes involving head impact [Shuaeib et al., 2002b, Vallee et al.,
1984].
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Figure 5.4: FE headform model and an illustration of the coordinate system used to apply
the inertial moments.
The meshes were created always avoiding distorted and warped elements. Additionally,
special attention was given to the time increment, not having very small elements in order
to have a reasonable computation time but at the same time a mesh refined enough to
obtain precise results. A summary of the meshes, including the element types, integration
schemes and mesh density, is presented in the table 5.2.
Table 5.2: Mesh characteristics of the helmet model.
Part Element type Abaqus N◦ of elements N◦ of nodes
Shell Four-node linear shell S4 11954 12310
Liner Four-node linear tetrahedron C3D4 109872 24545
Headform
Rigid quadrangular shell R3D4
1346 1348
Anvil 4 9
5.1.3 Material Modelling
In order to simulate the helmeted impacts, it was necessary to choose suitable constitu-
tive material models to simulate the mechanical behaviour of each material. Two different
materials were modelled, the EPS and the ABS. The constitutive law and material proper-
ties chosen to simulate the EPS mechanical behaviour under compression can be found in
chapter 3. The material model used to simulate EPS was also validated (section 3.3).
The outer shell is made from ABS, a widely used material on motorcycle helmets. The
ABS is a stiff thermoplastic material very resistant to penetration. The ABS material proper-
ties used to model the shell are listed in table 5.3. To simulate ABS mechanical behaviour,
an isotropic linear-elastic material model was considered (Hooke’s law). This choice is sup-
ported by the fact that during an impact the outer shell is mainly responsible for spreading
out the impact’s concentrated load and generally deforms elastically, which is an acceptable
simplification for a shell made from a thermoplastic like ABS. In addition, in the literature
(sections 2.2.1 and 2.2.5), all the authors modelled thermoplastic shells as linear elastic
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materials, using only non-elastic models to simulate shells made of composites.
The material properties used to model ABS and given in table 5.3 are based on the
same ones used by Pinnoji and Mahajan [2006]. In addition, based on the properties used
in this thesis for both ABS and EPS and previously published in Fernandes and Alves de
Sousa [2013b] and Fernandes et al. [2013], Mustafa et al. [2015] used the same properties
to model a helmet, which was validated with success.
Table 5.3: Mechanical properties of ABS.
ρ[kg/m3] E[MPa] ν
1200 4000 0.37
5.1.4 Boundary Conditions
In order to simulate the interactions between the headform and the liner and also the in-
teractions between the anvil and the shell, a surface-to-surface type of contact with friction
coefficients of 0.55 and 0.5 were used, respectively [Mills et al., 2009a]. Also, a tie was
used to simulate the interaction between glued parts. This same type of contact was used
to fully constrain the helmet’s chin guard relatively to the main shell.
According to the ECE 22.05 standard, the helmet-headform system is dropped, without
any restriction, against an anvil with a velocity of 7.5 m/s. Thus, the anvil is fully constrained
and an impact velocity of 7.5 m/s was prescribed to the helmet-headform model. Fig. 5.5
shows the impact configurations according to the ECE 22.05 standard, the B, P, R and X
impact points. The explicit solver of Abaqus was used to simulate the impacts, with the
large deformation option activated. In order to reduce the computational time required, the
helmet was placed very close to the anvil.
5.2 Validation
Numerical simulations of helmeted impacts were performed in order to validate the devel-
oped motorcycle helmet model, by comparing the numerical results against the experimen-
tal data from energy-absorption tests required by the ECE 22.05 standard. This compari-
son, which is based on the acceleration recorded at the headform COG, is shown in Fig.
5.6. The criteria PLA and HIC are compared as well. The PLA measured at the head-
form COG and the computed HIC values from numerical and experimental analyses are
presented in table 5.4. The expression used to compute HIC is given by the equation 2.1.
Overall, there is a good agreement between experiments and simulations for all four
impact points. The small differences between experimental and numerical results may be
explained by the absence of some neglected components. For instance, the impacted area
at point X has several parts that were not modelled such as the visor locking system, the
chin strap, the fixation system between the two parts of the shell and the comfort padding
that has a considerable thickness at this region. Despite some differences between exper-
imental and numerical impact results, the helmet model was considered adequate enough
for further analyses.
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Figure 5.5: ECE 22.05 impact configurations.
Table 5.4: Headform maximum acceleration and HIC computed values for both simulations
and experiments.
Impact point amax [g] (≤ 275) HIC (≤ 2400)
Point B
experimental 208 1696
numerical 213.9 1876.8
Point P
experimental 227 1903
numerical 228.5 2161.7
Point R
experimental 234 2235
numerical 221.2 2366.2
Point X
experimental 237 1714
numerical 235.6 2018.6
5.3 YEAHM evaluation
Other objective of this chapter is to assess a certified helmet with a validated FEHM. This
evaluation consists in determining the risk of head injuries that can possibly occur with a
certified. In order to perform such analysis, the experimental data from the impact tests
required by ECE 22.05 standard were used to drive YEAHM. These are the impact tests
that were performed to certify this specific helmet.
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Figure 5.6: ECE 22.05 impact results - comparison between experimental and numerical
accelerations.
Thus, the acceleration measured in these impacts and presented in Fig. 5.6 was in-
duced to YEAHM’s skull. This is exactly the same procedure used in the previous chapter
for validating YEAHM’s brain motion, based on the experiments performed by Hardy et al.
[2001].
Additionally, it is necessary to establish the head injury criteria to be used with YEAHM.
The criteria and respective thresholds previously reviewed in section 2.3.4, more specifi-
cally the stress and strain based injury criteria are used together with YEAHM to perform
an injury risk analysis. This analysis was performed for four impacts: the B, P, R and X
impact points required by the ECE 22.05 standard.
The use of detailed tools, such as FEHM, together with local tissue thresholds seems
to be the best way to evaluate the influence of both translational and rotational motion in
head structures [Mordaka et al., 2007]. It is possible that future methods used to assess
head injury risk and protective head gear will rely on the predictions from numerical head
models. This is the best way to study injury mechanisms, focusing on brain reaction to
inputs of translational and rotational acceleration [Zhang et al., 2003b]. The brain response
can be analysed in terms of several parameters, such as pressure and strain. This is the
way for intelligent helmet design.
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5.3.1 Impact point B
The acceleration measured during the impact at point B, and presented in Fig. 5.6, is used
to drive YEAHM. The YEAHM definitions are the same ones presented in section 4.2.2.
The output parameters used to assess the helmet are the same ones indicated as head
injury criteria in section 2.3.4. For instance, brain pressure and the maximum principal
strain.
Considering the maximum principal strain measured in the brain, a significant risk of
injury was identified at the contrecoup region. In table 2.13, the maximum principal strain
thresholds vary between 0.1 and 0.49. Fig 5.7 shows a considerable volume where the
maximum principal strain value is ranging between 0.1 and 0.4. The dark region is char-
acterised by maximum principal strain values inferior to 0.1. Thus, this corresponds to a
uninjured region.
Figure 5.7: Maximum principal strain at the occipital lobe.
On the other hand, the coloured regions are associated with a relevant risk of injury.
These represent brain regions where thresholds were exceeded. Regarding the colour
scale, the red regions are the most probably ones to be injured. It is clear that almost the
entire occipital lobe is under high strain values. Thus, from the thresholds presented in
table 2.13, it is clear that at least mild brain injuries are an almost certain outcome. The
majority of these thresholds were exceeded, including the ones for contusion, concussion
and DAI.
In Fig. 5.7 the colour transition between blue and green represents an approximate
maximum principal strain of 0.2, which demonstrates a considerable volume of brain tissue
experiencing a significant strain. The strain values of 0.18 and 0.21 proposed by Wright
and Ramesh [2012] and Bain and Meaney [2000] respectively, represent the most used
thresholds for principal strain to predict DAI.
The CSDM, which is considered one of the most promising stress-strain based injury
criteria, was also evaluated. Prior to the moment captured in Fig. 5.7, which corresponds
to almost 10 ms, a larger brain volume was experiencing a strain higher than 0.15. A brain
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volume of approximately 20% of its total volume experienced a maximum principal strain of
0.15. This volume is composed mainly by the corpus callosum, some internal regions of the
parietal and temporal lobes and the entire occipital lobe. This corresponds to a CSDM level
of 20, which is associated to an almost certain mild DAI and close to a moderate-to-severe
DAI according to the values presented by Bandak et al. [2001].
The brain pressure was also evaluated. By comparing the brain pressure obtained with
YEAHM with the threshold values given in table 2.14, a tremendous risk of injury was found.
Regarding coup pressure, the limit values range between 90 and 256 kPa depending on
the type of injury. In Figs. 5.8 and 5.9 the colour limits were defined between 100 and 500
kPa. The brain model is almost totally coloured, which means that almost the entire brain
was subjected to a pressure higher than 100 kPa.
The dominant colour is light green which is equivalent to a pressure higher than 300
kPa. This is higher than any threshold value proposed in table 2.14. Therefore, a high risk
of severe injuries is identified. Some small light grey areas are observed in the model with
a unit pressure level in the order of MPa but these correspond to isolated peak pressures
on the brain surface due to contact pressure with other parts of the model. Therefore, these
were neglected. Nevertheless, even from the cut of the frontal lobe presented in Fig. 5.9,
it is possible to conclude that brain is under dangerous pressure levels.
Figure 5.8: Global brain pressure in MPa at the moment of maximum acceleration.
The DDM was also evaluated, but the average negative pressure found at the coun-
trecoup region was under -100 kPa (in absolute value), which is a safe value according
to table 2.14 and the DDM levels indicated in section 2.3.4. Nevertheless, a small region
with values near -100 kPa was found at the same area marked red in Fig. 5.7. This region
presents the higher value for negative pressure. Thus, it is evident that exists a relation be-
tween these two parameters regarding the contrecoup. However, the volume that sustained
a pressure of -100 kPa was small and did not reach any proposed threshold for DDM. Only,
the -76 kPa proposed by Zhang et al. [2004] for a 50% risk of MTBI was exceeded.
Additionally, in this exact same region, it was found the maximum von Mises stress (Fig.
5.10). The maximum values of von Mises stress, maximum principal strain and negative
pressure were found at this region and at the same time of impact, which is approximately
10 ms.
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Figure 5.9: A cut view at the frontal lobe, showing the brain internal pressure in MPa.
Figure 5.10: Maximum von Mises stress in MPa at the occipital lobe.
Fig. 5.10 shows the occipital lobe experiencing dangerous levels of von Mises stress.
The transition between blue and green is characterised by a stress of approximately 40
kPa. In addition, the region where the maximum value was found exceeds 100 kPa (light
grey volume), reaching a localised maximum of 260 kPa. This clearly exceeds any pro-
posed value given in table 2.15. Therefore, severe forms of TBI are expected, including
concussion and DAI.
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In addition, the entire brain experienced an average stress higher than 10 kPa, as
shown in Fig. 5.11. This demonstrates that the entire brain is at risk and not just the
occipital lobe. In Fig. 5.11, the von Mises stress values are in MPa.
Figure 5.11: Sagittal cut view at the moment of maximum acceleration.
The brain motion was also monitored and a significant relative displacement was found
at the occipital lobe between brain and skull. Fig. 5.12 shows a comparison between the
initial state and the maximum displacement reached by the brain relatively to the skull. The
CSF was removed from the Fig. 5.12 for the sake of clearness.
Figure 5.12: Brain motion relatively to the skull: left) before impact; right) at the moment of
maximum acceleration.
This relative motion was possibly the main cause of the maximum values verified for
von Mises stress and maximum principal strain at the occipital lobe. When the peak accel-
eration in Fig. 5.6 is reached, compression of the frontal lobe and the relative displacement
between the occipital lobe and the skull are also maximums. Then, the rebound immedi-
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ately starts and the occipital lobe impacts the skull, compressing the brain at the contrecoup
region. This is most likely the cause of the maximum von Mises stress. Additionally, during
the rebound, the brain tissue stretches at this region, causing the maximum principal strain
value.
The CSF strain energy and its pressure were also analysed and compared with the
values proposed in the literature regarding SDH prediction. The maximum strain energy
found in the CSF was 6490 mJ, which is higher than the values proposed in the literature
[COST327, 2001, Marjoux et al., 2008, Deck and Willinger, 2009]. For instance, the highest
value was proposed by Deck and Willinger [2009], a limit of 4950 mJ. Nevertheless, the
value computed with YEAHM may not be feasible to directly compare with injury thresholds,
since the global model of CSF incorporates the properties of all the intracranial contents
with exception of the brain. Nevertheless, this value may be useful to compare different
helmets for the same impact conditions. Deck and Willinger [2009] also proposed a CSF
pressure of 290 kPa as tolerance for SDH. This value was never exceeded, reaching a
maximum pressure of 265.8 kPa next to the corpus callosum.
In conclusion, brain injuries are predicted with a certified helmet for the impact used to
certify it. Although it is already concluded that a standard-approved helmet does not fully
protect its user in the same impact used to certify it, the remaining three impacts (P, R and
X) were also analysed in order to eliminate any dependence on the type of impact.
5.3.2 Impact point P
Similarly to impact point B, the impact at point P was also evaluated. As in the previous
section, the acceleration presented in Fig. 5.6 is used to drive YEAHM. The same output
parameters are used to assess the helmet impact performance at this point.
Regarding the von Mises stress, two different levels were observed in YEAHM. A lower
stress level across the cerebrum reaching an average of 12 kPa, and a much higher level
in cerebellum. In Fig. 5.13, considering that the transition between blue and green occurs
for an approximate value of 25 kPa and that light grey is higher than 60 kPa, an injury at
the cerebellum is most likely to occur.
Again, the maximum von Mises stress is experienced at the contrecoup region and at
the moment of maximum acceleration. The von Mises stress values at the cerebellum and
at the base of brainstem were higher than all values presented as thresholds in table 2.15.
Actually, the brainstem seems to be one of the most sensitive regions to von Mises stress,
due to the low values proposed as thresholds at this region. For instance, a 50% probability
of concussion was proposed by Zhang et al. [2004] for von Mises stress values higher
than 7.8 kPa in the brainstem. In addition, the value of 8.4 kPa in the corpus callosum,
proposed by Kleiven [2007c] for a 50% probability of concussion, was largely exceeded.
Thus, concussion is an almost certain outcome. Additionally, other forms of TBI are highly
likely to occur based on the thresholds given in table 2.15.
As in case of impact point B, the maximum pressure occurred at the coup site. Addi-
tionally, almost the entire brain experienced enormous pressure values. In Fig. 5.14, the
low limit of 90 kPa marked as blue is the lowest threshold in table 2.14. The medium green
colour corresponds to a pressure of 295 kPa, which is much higher than any value given in
table 2.14. Thus, a TBI is the most likely outcome.
The DDM was also evaluated, and the results are very similar to impact B. The average
negative pressure found at the countrecoup region was under -75 kPa (in absolute value),
which is a safe value according to table 2.14 and the DDM levels indicated in section 2.3.4.
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Figure 5.13: Coronal cut view at the moment of maximum acceleration, showing the von
Mises stress in MPa.
Figure 5.14: Brain pressure in MPa at the moment of maximum acceleration.
Additionally, the region where the higher negative pressure was found is the same volume
(cerebellum and brainstem) where it was found the maximum von Mises stress.
The maximum principal strain was also assessed. Again, its maximum value was found
at the same region where the maximum von Mises stress and negative pressure were found
(Fig. 5.13). In other words, the maximum values for these were found at the contrecoup
region, more specifically at the cerebellum and brainstem. Although the maximum principal
strain observed at these regions reaches 0.38, the brain volume experiencing this strain is
small. Additionally, the brain volume experiencing a maximum principal strain higher than
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0.15 is less than 5%, which means this is lower than the injury thresholds proposed for
CSDM in section 2.3.4.
Regarding the relative motion between brain and skull, the maximum was also observed
at the cerebellum. However, this was not much significant. The pressure in the CSF was
also monitored. This reached a maximum value of 193.3 kPa, which is much lower than
the value proposed by Deck and Willinger [2009] as tolerance for SDH. In addition, a CSF
strain energy value of 4322.6 mJ was computed. This is lower than the limit proposed by
Deck and Willinger [2009]. However, it is higher than the SDH thresholds of 4211 mJ and
4000 mJ proposed by Marjoux et al. [2008] and COST327 [2001], respectively.
This same impact with this same helmet was previously assessed with other FEHM.
The same conditions prescribed for YEAHM were applied to SUFEHM in Fernandes et al.
[2013]. Strain energy in the CSF of 4097 mJ was found with SUFEHM, which is lower than
YEAHM. The maximum von Mises stress was located between the brain and the cerebel-
lum and between the cerebellum and the brainstem. This supports the findings obtained
with the YEAHM model. Both models predicted the maximum von Mises stress at the same
region. Nevertheless, SUFEHM predicted the maximum pressure in occipital area, while
YEAHM predicted in the parietal lobe. YEAHM prediction regarding the maximum brain
pressure seems more realistic since the impact was on the parietal area.
In addition, the average von Mises stress found with SUFEHM at the cerebellum was
39.7 kPa, which is in accordance with the values predicted with YEAHM at that region.
This value corresponds to a 90.2% risk of moderate DAI, according to SUFEHM’s criteria.
Again, it is clear that an approved helmet does not protect its user in the same impacts in
which it was validated.
5.3.3 Impact point R
The same impact used to certify the previously validated helmet at point R was used to
assess it with YEAHM. The experimental acceleration-time history of impact R, shown in
Fig. 5.6, was used to drive YEAHM. This impact at the back of the head originated high
strains in the frontal lobes, opposite to the impact site. Figs. 5.15 and 5.16 show the
maximum principal strain distribution.
The lower limit was set to 0.1, since it is the lowest injury threshold given in table
2.13. Fig. 5.15 shows the start of the rebound, being possible to observe a distribution
resembling wave propagation. At the end of the rebound, the maximum principal strain was
reached, with a relatively localised value of 0.53. This value and even the ones presented
in Figs. 5.15 and 5.16 exceed the injury thresholds presented in table 2.13. Thus, several
forms of TBI, including contusion, concussion and DAI are predicted for this impact. Fig.
5.16 shows the internal distribution of strains higher than 0.1. It is possible to observe the
presence of these around the corpus callosum and midbrain. These figures show also the
importance of modelling sulci and gyri structures. These make it possible to obtain some
patterns in the results that are not possible to observe in a brain model with a smooth-
spherical surface.
In addition, from the start of the rebound until the end of the acceleration-time history
curve, approximately 36% of the brain experienced a strain of at least 15%. Comparing
these values with the ones proposed in the literature (section 2.3.4), a CSDM level of 36 is
enough to cause a moderate-to-severe DAI [Bandak et al., 2001].
Fig. 5.17 shows the pressure propagation across the brain, being higher at impact
zone. In Fig. 5.17, some light grey and red small regions are observed. However, these
high values might happen due to the influence of contact pressures. Internally, at the
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Figure 5.15: Maximum principal strain reached at the contrecoup site (frontal lobes).
Figure 5.16: Sagittal cut view showing the internal distribution of the maximum principal
strain.
impact zone (coup), pressures are lower than in these small regions at the brain surface
but still higher than the injury thresholds presented in table 2.14, ranging between 329.2
and 363.3 kPa. Such pressures found in the occipital lobes are likely to originate a severe
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injury. In addition, a great brain volume experienced pressures higher than 90 kPa, such
as the occipital lobes, parts of the cerebellum and temporal and parietal lobes. Regarding
the DDM, only safe values were observed.
Figure 5.17: Brain pressure propagation in MPa.
The von Mises stress was also monitored. Its maximum values were observed in the
frontal lobes (contrecoup site), with values exceeding all the thresholds presented in table
2.15. The light grey regions shown in Fig. 5.18 exceed any given threshold in this table,
even the highest one. Thus, severe forms of TBI are likely to occur.
Regarding the CSF pressure, the tolerance value of 290 kPa proposed by Deck and
Willinger [2009] as threshold for SDH was reached but not significantly exceeded. This
high pressure was found in the CSF at the base of the occipital lobe. This region of the
CSF also simulates the junction between falx cerebri and tentorium. The maximum CSF
strain energy found was 6911.5 mJ which is higher than any proposed threshold for SDH.
Thus SDH is a probable outcome.
5.3.4 Impact point X
Finally, the lateral impact was also assessed. Regarding the von Mises stress, as in other
impacts, the maximum value was reached at contrecoup site, in this case the temporal lobe
opposite to the impact point. Overall, almost the entire brain experienced a value higher
than 7.8 kPa, which is the lowest injury threshold proposed in table 2.15. In addition, as
shown in Fig. 5.19, the maximum value found in the brain model (light grey) exceeded the
highest one proposed in table 2.15. Thus, brain injuries such as concussion and DAI are
likely to occur.
As in the other impacts, the pressure reached its maximum at the coup site. Fig. 5.20
shows a coronal cut of the brain, showing the pressure wave propagation across the hemi-
spheres. The low limit of 90 kPa (blue) is the lower injury threshold found in table 2.14 (with
the exception of negative pressures). In addition, the higher pressure threshold given in
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Figure 5.18: The von Mises stress across the brain in MPa.
Figure 5.19: Maximum von Mises stress found at the contrecoup site (in MPa).
this table is 256 kPa, which was exceeded for almost an entire hemisphere. Again, several
sorts of TBI are an almost certain outcome. Regarding the DDM, none of the limits were
exceeded.
In this impact, the maximum principal strain was generally under the values indicated in
table 2.13. However, around the contrecoup region, strains ranging between 0.1 and 0.17
were found. These are higher than some values proposed in 2.13. Additionally, exactly
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Figure 5.20: Coronal cut view of the brain showing the pressure wave propagation across
the hemispheres (in MPa).
in same area of the temporal lobe where it was found the maximum von Mises stress, a
localised strain of approximately 0.43 was found. Nevertheless, the brain volume experi-
encing such strain is small. Thus, the CSDM limits were not exceeded.
Regarding the SDH prediction, both CSF pressure and CSF strain energy were lower
than the SDH thresholds proposed in the literature. A pressure of nearly 290 kPa was
found at the skull base but did not surpass this value. A value of 3975.5 mJ was computed
for the CSF strain energy, which is close to the threshold but still lower. Thus, SDH is an
improbable outcome.
Several types of head injuries were predicted in these four impacts, since contusions,
concussions and DAI. Some limitations of the standards are underscored from what was
seen with YEAHM. This supports the premise that the current criteria for helmet standards
are not optimal.
In conclusion, the analysis of these four impacts showed that by reproducing the same
impacts that are assessed by the ECE 22.05 standard, it is evident that a certified helmet
cannot protect its user from suffering brain injuries. This clearly shows that simple injury
criteria such as PLA and HIC are not enough to assess the protection provided by helmets.
Therefore, it can be concluded that a motorcyclist wearing an approved helmet can suffer
brain injuries in the same impact that was used to certify the helmet. The conclusions here
withdrawn are supported by other studies, for instance Fernandes et al. [2013] and Tinard
et al. [2012b], where similar analyses led to the same conclusions.
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5.4 Comparison with liners made of cork agglomerates
In the previous section, from an analysis performed with YEAHM, it was seen that a
standard-approved helmet fails to protect its user in the same impacts used to test it and
certify it. Thus, since the main objective of this work is to evaluate the applicability of
cork agglomerates as helmet liners, the material models validated in chapter 3 were used
together with the FE helmet model validated in this chapter.
Thus, exactly the same helmet, validated in this chapter, is used. Only the material of
the liner is changed, keeping exactly the same geometry. The cork agglomerates AC199,
AC216 and EC159, validated in chapter 3, are evaluated in the same impacts used to test
the helmet with EPS liner. Thus, the four impacts required by the ECE 22.05 standard are
simulated for each of these materials used as energy absorbing liner.
Figs. 5.21-5.24 show the results obtained for each material in terms of acceleration
measured in the headform. Clearly, the EPS performed better in all the four impacts. Nev-
ertheless, the results obtained from impact point X reveal a similar response between cork
agglomerates and EPS. Still, the later presented a better response, managing lower peak
accelerations.
One cork agglomerate that stood out from the others for all the four impacts was AC216.
This agglomerated cork had a clear better performance than the other agglomerates. In
all the four impacts, AC216 had larger acceleration-time curves with lower peak accelera-
tions. In the phase III of the chapter 3, AC216 was also the better cork agglomerate in the
impact tests, showing lower peak accelerations. Additionally, AC216 was the best material
regarding the response to a second impact, even better than EPS90.
Although EPS90 had clearly a better response in all the impacts. From what was seen
in chapter 3, AC216 has a greater capacity to withstand impact energy and to continuously
doing it. Thus, it is believed that the helmet used in this analysis has a liner with a thickness
higher than necessary for AC216. Actually, the better results with the cork liners were
obtained for impact X, which is the region of the helmet where the liner is thinner (between
35-40 mm at the impact point). The larger area of the helmet has a thickness of 50 mm,
which decreases in the areas next to the edges, especially at the rear end. This means
a high volume and in the case of AC216, it means more weight, since it is the denser
material. Thus, the impact energy is greater in the case of AC216.
Therefore, it is believed that a thinner liner made of AC216 will perform better, even
when subjected to multi-impacts. Nevertheless, it is important to retain the fact that AC216
reaches the densification phase sooner than EPS90. The AC216 enters this region for
nominal strains higher than 0.6 (at quasi-static regimes in Fig. 3.21).
Figs. 5.25 and 5.26 show the nominal strain at the moment of maximum deformation
in the frontal impact (B), for both AC216 and EPS90. At the centre of the impacted region,
the EPS liner, reached a maximum deformation of 76.9%, which is permanent. On the
other hand, with the cork liner, a maximum deformation of 51.6% was found, which is
recoverable. At the end of the rebound, this value dropped to 5.6%.
The results from the impact tests required by the ECE 22.05 standard and the ones
from the impact tests performed in chapter 3 revealed AC216 as the best cork agglomerate
for this application. Although this preliminary analysis of a helmet model with cork liners
was performed only with the headform, not using the YEAHM model, this was useful to
select one agglomerate for further analyses.
In the next chapter, it is developed a new helmet model composed of thinner liners
made of AC216. This same model is optimised according to YEAHM response to double
impacts.
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Figure 5.21: Impact point B.
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Figure 5.22: Impact point P.
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Figure 5.23: Impact point R.
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Figure 5.24: Impact point X.
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Figure 5.25: Sagitall cut view of the helmet-headform system at the moment of maximum
deformation with a AC216 liner.
Figure 5.26: Sagitall cut view of the helmet-headform system at the moment of maximum
deformation with a EPS90 liner.
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Chapter 6
Biomechanical evaluation of a
helmet composed of agglomerated
cork liners
This chapter presents the development of a new hel-
met model and its assessment based on the head
injury risk predictions by YEAHM. This evaluation is
performed in order to verify if a helmet composed
of agglomerated cork liners is an alternative to the
ones made of EPS.
In this chapter, a new helmet model is developed and its impact performance is as-
sessed based on the YEAHM predictions. In the previous chapter, the results indicated
that AC216 is the most promising agglomerate to be used as helmet liner. Additionally, it
was verified that the helmet validated in this previous section fails to protect its user in the
same impacts in which it was certified. This was inferred by evaluating the impact perfor-
mance of this commercially available helmet, composed of EPS liners, with YEAHM and
the injury criteria presented in section 2.3.4.
This was a preliminary analysis to evaluate a modern helmet (with EPS liners) and the
current criteria used by helmet standards. The same helmet was tested with cork liners and
although lower peak accelerations were measured for EPS, the acceleration-time curves
measured for the agglomerate AC216 are promising (Figs. 5.21-5.24).
This first helmet is composed by liners with a thickness around 50 mm in the impact
points (B, P and R). From what was seen in chapter 3 and in the previous chapter, it is be-
lieved that a thinner liner of AC216 agglomerate is enough to absorb the impact energy, in
the same tests required by the standard, without increasing the stress levels. For instance,
Fig. 5.25 shows a 50% deformation for a thickness of 50 mm, not reaching densification
(Fig. 3.21). In addition, more material means more weight, which increases the impact
energy.
In the impact point X, the results between cork agglomerates and EPS were very close
to each other. In this region, the liner has a thickness of approximately 40 mm. Another
factor that may have contributed to the lower accelerations in this point (Fig. 5.24) is the
larger impacted area.
Thus, considering the great capacity of AC216 shown in chapter 3 and its impact per-
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formance in the standard tests, for instance in impact X (Fig. 5.24), a new helmet model is
developed. The strategy with this helmet is based on the 40 mm thickness seen for impact
X. This is already a significant thickness, which is usually exceeded in the current helmets.
Considering that the last updates in standards are demanding more impacts or higher ener-
gies, helmet liners are becoming even thicker. In a technical report, Smith and Pomerening
[2014] indicated that a helmet made of EPS needs a thickness between 75 and 90 mm to
achieve an acceleration of 100 g for a 6.2 m/s impact, and to pass the standard criteria
they indicated thicknesses ranging between 50 and 60 mm, which may increase up to 72
mm due to safety margins used by some manufacturers.
Thus, for the new helmet model, a maximum thickness of 40 mm was set for the liner.
Several models were created by varying the thickness. Then, the impact performance of
each one of these helmets is analysed with YEAHM, by comparing its predictions with
the injury criteria presented in section 2.3.4 and therefore, evaluating the applicability of
agglomerated cork as helmet liner.
6.1 Methods and materials
In this section, a new helmet model is created. Its style is based on jet helmets, also
known as open face helmets. This style was chosen because it makes it easier to model
the geometry and it is the most common style considering all types of helmets. It is used in
a great variety of applications, for instance in contact sports such as American football and
ice hockey, in urban activities, winter sports, by motorcyclists, among many other activities.
The geometry was created in CATIA V5 CAD software in a way that makes it simple to
define a new thickness for the thickness of helmet model. Thus, different versions of it were
created by varying the thickness. The entire liner is designed with a constant thickness,
which maximum value was set to 40 mm. Fig. 6.1 shows a render of the final geometric
model.
Figure 6.1: New jet helmet with constant thickness liners made of agglomerated cork.
Other versions with lower thicknesses were created. A 5 mm thickness variation was
set between liners. Thus, four helmet models were created with a thickness of 40, 35,
30 and 25 mm. These were then imported into Abaqus FEA software in order to develop
the FE versions of these helmets. As in the previous chapter, only the helmet’s shell and
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energy absorbing liner were modelled, being considered the main and most important parts
regarding the helmet impact performance. The shells have a thickness of 3 mm, which is
independent of the liner thickness.
The FE helmet models were created using four-node linear tetrahedral elements to
mesh the liner. This type of element was used to model it mainly due to its complex ge-
ometry. On the other hand, the shell was modelled with four-node linear shell elements
with enhanced hourglass control. The meshes were created always avoiding distorted and
warped elements. Additionally, special attention was given to the time increment, not hav-
ing very small elements in order to have a reasonable computation time but at the same
time a mesh refined enough to obtain precise results. Fig. 6.2 shows the mesh of the FE
helmet model.
Figure 6.2: FE helmet model.
The helmets were tested according to the conditions required by the ECE 22.05 stan-
dard. Additionally, two impacts with the same conditions were performed. The impact point
B was chosen because it is the most common impact. Statistics show that independently
of the helmet type, this is the most impacted area [Becker et al., 2015, Brugger et al., 2010,
DeMarco et al., 2016, Klug et al., 2015, McIntosh et al., 1998, Post et al., 2014, Rice et al.,
2016, Richter et al., 2001, Rowson and Duma, 2011]. In addition, in the previous chapter,
this was the impact point where the EPS helmet had lower accelerations (Fig. 5.21), al-
though brain injuries were predicted with YEAHM. The one made of AC216 agglomerate
presented at this point a 50% deformation for a thickness of 50 mm, not reaching densifi-
cation (Figs. 5.25 and 3.21).
Thus, two impacts are consecutively performed at 7.5 m/s. Double impacts were de-
fined with basis on another premise of this work and already verified in chapter 3. Gener-
ally, cork agglomerates are able to recover and withstand multi-impacts whereas synthetic
foams absorb impact energy by deforming permanently.
The second impacts were performed immediately after the first, usually separated by
5 ms. This is challenging for agglomerated cork since its recover depends on the time. If
a good behaviour is observed in such conditions, a helmet with this material could be an
excellent alternative to the ones used in contact sports such as American football and ice
hockey. The standards of these usually test helmets with low multi-impact energies and
Fábio António Oliveira Fernandes PhD thesis
6. Biomechanical evaluation of a helmet composed of agglomerated cork liners 178
with long recovering times between impacts.
The interactions between the different parts were the same ones defined in the previ-
ous chapter. Additionally, the same material models and properties used in the previous
chapter to simulate ABS, EPS and the AC216 agglomerate were also used. Fig. 6.3 shows
the impact at point B and a cut of the helmet revealing its constant thickness.
In order to evaluate the applicability of agglomerated cork as helmet liner, the perfor-
mance of each helmet will be analysed with YEAHM, by comparing its predictions with the
injury criteria presented in section 2.3.4. In other words, this can be considered a biome-
chanical optimisation of a helmet composed of agglomerated cork liners, by varying its
thickness. The best one will be compared against an EPS helmet with the same geometry.
Thus, the main goal is to determine if agglomerated cork is an alternative to EPS liners. In
order to evaluate that, the liners are optimised in terms of thickness based on the YEAHM
response to double impacts.
Figure 6.3: Sagittal cut view of the FE helmet model positioned for an impact point B.
In order to reduce the computational resources needed for a singular simulation, two
different steps were performed in order to assess the helmet models with YEAHM. First,
the headform was coupled to the helmet model and the impacts were simulated. Then, the
measured kinematics were induced to YEAHM. This is also the procedure usually carried
out in other studies. For instance, a similar analysis was performed by Tinard et al. [2012b],
simulating two simpler simulations. In other others, it is better to simulate two simpler
simulations, than a extremely complex one with a huge amount of computational resources
consumed.
Tinard et al. [2012b] optimised a motorcycle helmet based on the predictions of a
FEHM, which is very similar to the work performed in this chapter. Nevertheless, the fo-
cus was the helmet shell which was optimised by varying its thickness and shape. Thus,
FEHMs can be used to optimise protective head gear, such as helmets.
The modelling of biomechanical human head models using FEM provides a strong
basis for helmet design improvements, allowing a further accurate computational-based
prediction of brain injuries. For instance, stress and strains are compared against pro-
posed injury thresholds, and conclusions about possible brain injuries are inferred. By
using YEAHM as a tool to optimise the thickness of the liner made of agglomerated cork,
the objective is to find a configuration capable of not reproducing injuries, or with a injury
risk as low as possible and lower than EPS.
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After determining the best solution for agglomerated cork, exactly the same helmet will
be tested with EPS in order to establish a further and direct comparison. This is important
to verify if a helmet composed of agglomerated cork liners is an alternative to the ones
made of EPS.
6.2 Results
The double impact simulations were performed using Abaqus Explicit solver. Four simula-
tions were performed, one for each thickness of 25, 30, 35 and 40 mm. Fig. 6.4 shows the
measured accelerations at the COG of the headform. These were obtained for liners with
different thicknesses and made of AC216 agglomerate.
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Figure 6.4: Acceleration-time history of double impacts performed with helmets composed
of agglomerated cork liners with thicknesses ranging between 25 and 40 mm.
The results from the simulations of the double impacts show a better response in terms
of maximum acceleration by the helmet with a liner thickness of 40 mm. This was slightly
better than the one with 35 mm for the first impact, and in the second one, it was clearly
better. In Fig. 6.4, the difference between peak accelerations seems to differ for the first
and the second impacts. Table 6.1 gives precisely the peak accelerations measured for
each impact.
Table 6.1: Peak accelerations measured for each impact [g].
Impact 25 mm 30 mm 35 mm 40 mm
First 405.5 361.5 324.7 314.1
Second 499.9 482.2 470.6 377.7
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In the first impact, by decreasing the thickness, the variation of the peak accelerations
increases. On the other hand, in the second impact, the opposite is observed. Lowering
the thickness leads to a peak acceleration limit, since similar results were computed for
liners with thicknesses of 35, 30 and 25 mm, reaching almost 500 g. This is explained
by the amount of deformation imposed to the material, reaching the densification regime.
The time between impacts is so small that the material does not recover in time from the
previous impact, starting the second impact with stored deformations higher than 10%.
This explains the similar results for the second impacts with thicknesses lower than 40
mm.
Figs. 6.5 and 6.6 show the maximum deformation in both impacts with liner thicknesses
of 35 and 40 mm, respectively. In Fig. 6.5, although the densification regime is not reached
during the first impact (maximum deformation of 50.2%), due to the stored strain energy
that was not released in time for the next impact, this regime is reached by exceeding a
strain of 60%. On the other hand, the maximum deformation of the liner with a thickness of
40 mm was lower than 50% for both impacts.
Figure 6.5: Maximum deformation of a liner with a thickness of 35 mm: left) first impact;
right) second impact.
Figure 6.6: Maximum deformation of a liner with a thickness of 40 mm: left) first impact;
right) second impact.
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These results emphasise the applicability of agglomerated cork in multi-impact applica-
tions. In this section, severe impact conditions were imposed, by performing two impacts
of 7.5 m/s separated by a time of approximately 5 ms. The helmet standards of more de-
manding applications, such as motorcycle standards, usually demand one impact at the
same velocity used in these simulations, or two impacts but with lower impact velocities.
Helmet standards for multi-impact applications, such as contact sports, usually require
at least three impacts, but with significant lower energies. Additionally, independently of
the standard or application, the helmets are tested with minutes separating the impacts,
which is more than enough for agglomerated cork to recover. Even in real impact sce-
narios, an agglomerated cork helmet will probably fully recover. The presence of some
permanent damage will depend on the severity of the impact. However, as seen in chapter
3, a huge amount of impact energy is necessary to cause permanent deformation in the
AC216 agglomerate.
6.2.1 Helmet evaluation and optimisation based on the YEAHM response
Although the helmet with a thickness of 40 mm presented a better response regarding the
acceleration curves plotted in Fig. 6.4, an additional analysis was performed with YEAHM.
This analysis is considered important in order to assess the helmet from a biomechanical
point of view.
This evaluation consists in determining the risk of head injuries for each helmet thick-
ness. Thus, it is possible to compare the helmets in order to determine which thickness
makes it safer. In order to perform such analysis, the acceleration-time histories given in
Fig. 6.4 were used to drive YEAHM, by inducing them to YEAHM’s skull. The criteria and
respective thresholds previously reviewed in section 2.3.4 are used together with YEAHM
to perform an injury risk analysis. Table 6.2 summarises the maximum values computed
for each criterion.
Table 6.2: Comparison of head injury criteria values computed for each helmet thickness.
Criterion 25 mm 30 mm 35 mm 40 mm
Strain 0.5125 0.5250 0.4917 0.3833
von Mises stress [kPa] 218.7 204.2 198.8 134.2
Pressure [kPa] 745.8 823.3 846.7 691.7
CSF pressure [kPa] 482.5 483.7 434.2 291.7
CSF strain energy [mJ] 15506.2 15488.2 16219.8 12481.2
The results presented in table 6.2 show a better performance by the thicker helmet. In
the analysis with YEAHM, the lower values for the criteria given in table 6.2 were computed
with the 40 mm thick helmet. There is a considerable difference between the results com-
puted for this helmet and the results computed for the remaining ones. On the other hand,
the latter were similar to each other. These results were expected since the impacts were
linear and the significant lower accelerations were computed for the 40 mm thick helmet.
In addition to the results presented in table 6.2, the CSDM criterion was also evaluated
(section 2.3.4). The helmet with a thickness of 40 mm was the only one with a CSDM
level inferior to 22, contrary to the others with which strains over 0.15 were observed in
the cerebellum, corpus callosum and occipital and temporal lobes. Nevertheless, a CSDM
level of 5 was determined for the 40 mm thick helmet, with strains higher than 0.15 in the
occipital lobes. Fig. 6.7 shows the affected region, where the colours indicate strains higher
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than 0.15. Nevertheless, only this CSDM threshold proposed by Bandak et al. [2001] was
exceeded.
Figure 6.7: Sagittal cut of the brain showing the regions with strains higher than 0.15.
In general, the results given in table 6.2 correspond to very localised regions. In other
words, the maximum values for each criterion were experienced in very small volumes,
which may explain why some maximum pressure values are not linear with the peak accel-
erations, as other parameters are. The rest of the brain usually experiences much lower
values for each criterion.
However, this difference is not so significant for brain pressure. A considerable volume
of the frontal lobes is under pressures almost in the level of its maximum value. This was
verified in all the impacts with these fours helmets and also in the ones performed in the
previous chapter.
Additionally, by comparing the results in table 6.2 with the thresholds presented in the
literature, injuries are predicted with all the helmets. The only one that did to exceed all the
limits was obviously the 40 mm thick helmet. For some criteria, it has values in the range of
given thresholds, between the lower and the higher ones. However, this was only verified
for strain, CSDM, DDM and CSF pressure.
The levels of brain pressure and von Mises stress in the brain were much higher than
the proposed thresholds in the literature. These high predicted values cannot be justified
with just the helmet response. Contrary to the majority of strain thresholds experimentally
measured and proposed in the literature, the pressure and von Mises stress thresholds
were proposed based on predictions of FEHMs. This means that these values are inherent
to the respective models. Additionally, the pressure response of all these FEHMs was
validated by comparing their predictions with the experimental tests performed by Nahum
et al. [1977], as it was performed for YEAHM in chapter 4.
However, the results used to validate these models were taken directly from the brain
model, which does not correspond to what was really done in Nahum’s experiment. In this,
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the faces of the pressure transducers were placed aligned with the inner surface of the
skull, without rupturing the dura mater. Thus, the pressure was measured directly at the
outer surface of the dura mater and not in the brain. The same was done when validating
YEAHM for Nahum’s experiment. This fact may explain the higher values computed with
YEAHM when compared with the ones proposed in the literature. Therefore, accident
reconstructions must be done to develop the YEAHM’s own criteria.
However, strain based injury criteria is considered valid for a direct comparison and
injury prediction, since the YEAHM brain motion was validated against the tests performed
by Hardy et al. [2001] in the same conditions of the other FEHMs used to propose the
strain thresholds. Additionally, the pressure and stress predictions were considered good
enough for further comparisons between the different helmets. In order to determine if
agglomerated cork is truly an alternative to EPS as helmet liner, the exactly same helmet
with a 40 mm thick liner made of EPS was subjected to the same impact conditions. The
headform kinematic response in these impacts was then used to perform an additional
analysis with YEAHM.
6.2.2 Comparison between agglomerated cork and EPS
In this section, the best solution found in the previous stimulations is now tested in the same
conditions but with an EPS liner. This is performed in order to compare it against the best
agglomerate solution. In other words, this new analysis is performed in order to verify if a
helmet composed of agglomerated cork liners is truly an alternative to the ones made of
EPS. Fig. 6.8 compares the acceleration-time histories measured at the headform’s COG
during double impacts performed for the same 40 mm thick helmet, between liners made
of AC216 cork agglomerate and EPS90.
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Figure 6.8: Acceleration-time history of 40 mm thick helmets subjected to double impacts.
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Regarding the acceleration response of the headform, the helmet with an agglomerated
cork liner performed better than the one with EPS. For the first impact, the acceleration
curves are similar. Nevertheless, the helmet with the agglomerated cork liner managed to
induce a slightly wider acceleration curve with a lower peak acceleration. The difference
between peak accelerations was also very small, reaching 314.1 g and 328.3 g for AC216
and EPS90, respectively.
However, this difference increased considerably for the second impact. Acceleration
peaks of 377.7 g and 483.1 g were measured for AC216 and EPS90, respectively. In Fig.
6.8, it is clear the different headform response between the helmets made of agglomerated
cork and EPS. Actually, by analysing the curves in Figs. 6.4 and 6.8, it is possible to
conclude that the results of the 40 mm thick helmet made of EPS and the 35 mm thick
helmet made of AC216 agglomerate are very similar, regarding both the curves peak and
width.
These results show a clear worst behaviour of the EPS helmet than the one with the
same amount of AC216 agglomerate for a second impact. In addition, the results were
better for a first impact. This was not the case for the first impact with the commercially
available helmet modelled in the previous chapter. By comparing Figs. 5.21 and 6.8, it
is possible to conclude that the results for AC216 improved slightly and the ones for EPS
become worst. This difference was caused by two main factors: the thickness of the liner
at the impact points and the overall geometry of the liners.
The liner of the helmet tested in the previous chapter has an average thickness of 50
mm at the impact point. In addition, the thickness is not constant and in some regions has
channels, holes and ribbed protrusions. Some of these were designed together with the
deformation mechanism of EPS, which makes it easier to absorb more energy by develop-
ing permanent deformation. On the other hand, the helmet developed in this chapter has a
constant thickness of 40 mm, being at least 10 mm thinner at the impact points. This liner
is also completely solid, a 40 mm thick layer covering the head. These are the reasons why
the EPS behaviour was worst in the first impact.
Regarding the AC216 agglomerate, the results indicate the 40 mm thick solution as the
best in the range of tested thicknesses (20, 25, 30, 35, 40 and 50 mm). Additionally, in
the same conditions with the same helmet geometry, this solution performed better than
the EPS alternative. Although some conclusions were already drawn from the compar-
ison of headform acceleration responses, an additional analysis was performed. These
acceleration-time curves were used to drive YEAHM in order to compare both solutions
from a biomechanical point of view.
The same parameters used to compare the different thickness solutions for the AC216
liner and presented in table 6.2 were again computed in order to compare the 40 mm thick
liners made of AC216 and EPS90. Table 6.3 summarises the maximum values computed
for each criterion.
Table 6.3: Comparison of head injury criteria computed for helmets with liners made of
AC216 and EPS90.
Criterion EPS90 AC216
Strain 0.5067 0.3833
von Mises stress [kPa] 191.7 134.2
Pressure [kPa] 840.9 691.7
CSF pressure [kPa] 459.4 291.7
CSF strain energy [mJ] 12611.5 12481.2
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The results presented in table 6.3 show a better performance by the agglomerated
cork helmet. In the analysis performed with YEAHM, lower values for all the criteria were
computed with the helmet composed with a liner made of AC216 agglomerate. There is a
considerable difference between some of the results computed for this helmet and the one
made of EPS.
Considering the tables 6.2 and 6.3, the results for the agglomerated cork helmet with
a thickness of 35 mm are very similar to the ones computed with the 40 mm thick EPS
helmet. This may be considered normal since input was also similar, especially considering
the peak of the acceleration curves. Nevertheless, a significant difference was observed for
the maximum CSF strain energy. Actually, the CSF strain energy computed with the EPS
helmet was very similar the one computed with the 40 mm agglomerated cork version.
This can be explained by the acceleration curve obtained with the EPS helmet, which is
narrower than the one computed for the 35 mm cork version. This possibly leads to a lower
storage of strain energy by the CSF, reaching a lower maximum value. Fig. 6.9 shows the
variation of strain energy in the CSF during the impacts for both 40 mm helmet versions.
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Figure 6.9: CSF strain energy variation during the impacts for both 40 mm helmet versions.
In addition to the results presented in table 6.3, the CSDM criterion was also evaluated.
In the previous chapter, the agglomerated cork helmet with a thickness of 40 mm was the
only one with a CSDM level inferior to 22. Nevertheless, a CSDM level of 5 was determined
for it, with strains higher than 0.15 in the occipital lobes, as shown in Fig. 6.7. Even so, this
was the only CSDM threshold exceeded. Regarding the EPS helmet, a CSDM level of 22
was found considering the strain limit of 0.15. This was found across the the cerebellum,
corpus callosum and temporal and occipital lobes. Higher and concentrated values were
found in the latter. Fig. 6.10 shows the strain distribution across the brain at the moment the
maximum strain was found in the occipital lobes. Other dark regions in Fig. 6.10 exceeded
the strain of 0.15 during the impact, which contributed to a CSDM level higher than 22.
In conclusion, the helmet composed by a 40 mm thick liner made of the AC216 cork
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Figure 6.10: Brain strain distribution obtained with the EPS helmet.
agglomerate performed better than the EPS version. Thus, agglomerated cork can be
considered a good alternative to EPS, especially for helmets typically subjected to multi-
impact scenarios. In addition, the agglomerated cork helmet performed better for both
impacts, although the difference was more significant in the second impact. Even so, it
is considered that there is still a margin for improvement considering what was seen in
this study regarding some injury predictions. However, this is a good starting point for a
further optimisation of helmets made of cork. Here it was seen that with the right design,
agglomerated cork can be used as a helmet liner with a better performance than other
materials currently used on the market.
The model here developed is rather simple, considering its constant thickness. The
thickness in some regions of the helmet can be reduced, for instance where the impacts are
less likely to occur, such as the rear sides of the helmet. Thus, by reducing the liner volume,
the helmet weight is also reduced, which means lower impact energies. In addition, the
liner geometry may be upgraded with an innovative design that allied with the mechanism
of cork deformation can optimise the general impact behaviour and hopefully improving the
safety level of the helmet. This may also allow reducing even further the helmet thickness.
In addition, it is worth mentioning and recall that the double impacts performed in this
study were severe, since there were two consecutive impacts separated by approximately 5
ms. These are more severe than most of the tests required by the helmet standards. These
are usually one impact, with maximum velocities around 7.5 m/s for motorcycle helmets or
even lower for other helmet types. There are also standards that require two impacts but
these are lower energy impacts and the time between impacts is around minutes.
In applications where multi-impacts are often such as winter sports like skiing and snow-
boarding, contact sports such as American football and ice hockey and even urban activ-
ities such as roller skating and skateboarding, the impacts are spaced by enough time to
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let agglomerated cork fully recover. In addition, in some of these, the impact velocities are
much lower than 7.5 m/s causing none or just a small amount of permanent damage to
cork.
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Chapter 7
Conclusions and future work
This chapter presents the general and main conclu-
sions, and discuss the results obtained in this work.
In addition, some research ideas that may be imple-
mented in related future works are suggested.
7.1 Conclusions
Nowadays, consumer awareness and go-green tendencies are pushing manufacturers to
provide eco-friendly alternatives to current market solutions. Currently, goods based on
natural materials are mostly designed to mimic the original synthetic product. Nevertheless,
more than mimicking, the improvement of existing functionalities of products that resort to
synthetic materials is also important.
Currently, a great variety of personal safety gear employs energy absorption liners.
Examples are sport accessories, protective vests and helmets, among others. The vast
majority of these liners are usually made of synthetic cellular materials, such as EPS. These
materials are able to absorb reasonable amounts of energy by deforming permanently.
In a society continuously searching for new environmentally friendly and sustainable
resources, a material such as cork can be a natural alternative to synthetic materials. Cork
is a natural cellular material capable of absorbing great amounts of energy. In addition,
cork recovers almost entirely after deformation, which is a desirable characteristic in multi-
impact applications.
In general, helmets are subjected to significant multi-impact loads. Helmet liners are
usually made of EPS, which absorbs impact energy by deforming permanently. Thus, hel-
met liners are an interesting application for cork. Therefore, the main objective of this work
was to analyse the applicability of agglomerated cork as energy absorption liner in personal
safety gear. More specifically, it was analysed if agglomerated cork is an alternative to EPS
helmet liners.
Helmets are one of the most important types of personal safety gear. An impact to the
head can have serious consequences and could even be fatal. Thus, head protection and
safety helmets are a matter of extreme importance.
Currently, helmets are used in a large number of different applications, for instance
in contact sports, in urban and winter activities and even by bicyclists and motorcyclists,
among many others. Although each of these applications has different technical require-
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ments, there is no substantial difference in the energy absorption between the different
types of helmets. The material is almost always EPS and even the geometries are similar.
In order to assess the applicability of agglomerated cork as energy absorption liner
and its capacity to be an alternative to current liners made of EPS, several steps were
performed. First, experimental tests were performed on different types of agglomerated
cork and EPS samples in order to characterise these materials. Quasi-static and impact
tests were performed, including double impacts, which were important to select the most
promising cork agglomerates.
The latter were performed in order to evaluate the behaviour of both materials when
subjected to more than one impact, and to validate the numerical models for multi-impacts.
Constitutive models with a proper set of mechanical properties were validated with success,
by simulating the experiments performed in this work. Additionally, it was the first time that
such a combination of constitutive models was used to simulate the mechanical behaviour
of cork. Until this moment, agglomerated cork has been modelled as a pure hyperelastic
model with no consideration for its recovery. The combination of a modified hyperelastic
model such as hyperfoam with the Mullin’s effect has made it possible to correctly model
the recovery of cork, which is fundamental for a precise modelling of this material under
multi-impact loads. It was also the first time that agglomerated cork was experimentally
subjected to multi-impacts. In the end, the material models were validated with success for
several impact tests performed in this study and even for some available in the literature.
These were then used in the helmets modelling.
In order to assess the helmet models from a biomechanical point of view, a FEHM
was developed and validated. Once validated, such a tool allows the evaluation of injuries
that may be a possible outcome from head impact scenarios. The current FEHMs, pre-
sented in the literature, disregard the modelling of sulci and gyri structures, modelling a
spherical-shaped brain with a smooth surface. The geometric modelling of YEAHM, the
FEHM developed in this work, was carried out precisely, by modelling these structures ac-
cording to medical images. Sulci and gyri structures should be included in every FEHM,
since they influence the intracranial kinematics and probably the way brain deforms, as
concluded by Ho and Kleiven [2009].
In addition to this innovative modelling of the brain, the interaction between the head
parts was modelled differently from the majority of the FEHMs in the literature. These
usually have the different parts connected by shared nodes or rigidly connected nodes,
restricting the brain intracranial motion relatively to the skull. In this work, the interactions
were modelled by sliding surfaces with a friction coefficient, allowing the brain to move
relatively to the skull. Finally, YEAHM was validated against two different experiments,
Nahum et al. [1977] and Hardy et al. [2001]. In these, the intracranial pressure and brain
motion were the data used to perform the validation.
In this work, two FE helmet models were developed. The first one corresponds to a
motorcycle helmet with EPS liner available in the market and certified by some standards,
including the one that regulates the helmets in some European countries, such as the case
of Portugal. The ECE 22.05 standard requires one impact with a helmeted steel head-
form at an impact velocity of 7.5 m/s, establishing as criteria the peak linear acceleration
and HIC. These have been criticised by the research community as bad quality criteria for
helmets approval. This was one of the motivations for YEAHM development. Neverthe-
less, these criteria are still considered good for comparisons, just not as approval criteria.
Therefore, the helmets here developed were assessed with YEAHM, by comparing its pre-
dictions with the injury thresholds presented in the thorough state-of-the-art performed in
this thesis.
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This first helmet, the one certified by the ECE 22.05 standard, was modelled and vali-
dated by performing the same four impact tests used to certify it, by comparing the accel-
eration responses between simulations and experiments. Then, these curves were used
to drive YEAHM in order to analyse the helmet from a biomechanical point of view. This
methodology was adopted due to the high computational resources needed to perform a
simulation with YEAHM coupled with the helmet model. In addition, this is the methodol-
ogy used by the other researchers to drive their models. The skull is set as rigid in order to
induce the kinematics to the model. This is valid if there is no skull fracture or other types
of skull deformation, which is usually the case of helmeted impacts. In these, injuries to the
intracranial contents are the common ones. From the analysis with YEAHM, in all the four
impacts required by the ECE 22.05 standard, it was identified a risk of injury, showing that
an EPS liner might not be enough to protect its user.
Thus, it was concluded that a certified helmet was not capable of protecting its user
in the same impacts used to certify it. Based on this, a direct comparison was performed
between EPS and agglomerated cork by evaluating the exactly same helmet with agglom-
erated cork liners. The same geometries and impact conditions were used, just the liner
material was changed. The computed acceleration-time curves indicated the EPS helmet
as the better one with a considerable difference for some of the impacts. Nevertheless,
the agglomerate AC216 showed some promising results, even closer to the ones obtained
with the EPS helmet for the impact points B and X. Considering this and the fact that this
helmet is significantly thick, around 50 mm at the impact points, with exception of the point
X where it has 40 mm, a new helmet model was developed.
In some of the last standards updates, the required impact energies become higher and
in some, more impacts are required, which led to thicker EPS helmets. A thinner liner made
of AC216 agglomerate is enough to absorb the impact energy in the same tests without
increasing the stress level, since the liner maximum deformation in the previous helmet was
around 50%. Thus, a new helmet model was developed, based on the 40 mm thickness
seen for impact X. This is already a considerable thickness, which is usually exceeded in
the current helmets. Considering that the last updates in standards are demanding more
impacts or higher energies, helmet liners are becoming even thicker.
Thus, for the second helmet model, a maximum and constant thickness of 40 mm
was set for the liner. Four other models were created by decreasing the thickness with
intervals of 5 mm. These were assessed with YEAHM in order to optimise the helmet
thickness according to biomechanical criteria. Then, double impacts were performed and
the kinematic response of the headform was used to drive YEAHM. The helmet with a
thickness of 40 mm computed the best results, having the best headform acceleration and
YEAHM responses to the double impacts performed.
In order to determine if cork is truly an alternative to EPS as helmet liner, the same
helmet with a 40 mm thick liner made of EPS was subjected to the same impact conditions.
The results were clear, the helmet composed by a 40 mm thick liner made of the AC216
cork agglomerate performed better than the EPS version. Thus, agglomerated cork can be
considered a good alternative to EPS, especially for helmets typically subjected to multi-
impact scenarios. In addition, the agglomerated cork helmet performed better for both
impacts, although the difference was more significant in the second impact. Even so, it
is considered that there is still a margin for improvement considering what was seen in
this study regarding some injury predictions. However, this is a good starting point for a
further optimisation of helmets made of cork. Here it was seen that with the right design,
agglomerated cork can be used as a helmet liner with a better performance than other
materials currently used in the market.
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In addition, it is worth mentioning and recall that the double impacts performed in this
study were demanding, since there were two consecutive impacts separated by approxi-
mately 5 ms. These are more severe than most of the tests required by the helmet stan-
dards. These are usually one impact with maximum velocities raging between 4 and 8 m/s,
depending on the helmet type. There are also standards that require two impacts but these
are even lower energy impacts and the time between them is around minutes.
In applications where multi-impacts are common, for instance winter sports such as
skiing and snowboarding, contact sports such as American football and ice hockey and
even urban activities such as roller skating and skateboarding, the impacts are spaced
by enough time to let agglomerated cork fully recover. In addition, in some of these, the
impact velocities are lower than 7.5 m/s causing none or just a small amount of permanent
damage to cork.
Cork application is not limited to helmets and has the potential to be applied in other
types of personal safety gear or even in other applications where its characteristics are
desirable. In a society constantly looking for natural and sustainable resources, substituting
a synthetic material such as EPS by a natural material like cork is a good solution.
7.2 Future work
Considering the conclusions previously presented, the following future work is suggested:
• Development of new cork agglomerates, by controlling the granules size and the
binder. Thus, creating guidelines for manufacturing cork for specific applications;
• Further optimisation of the best helmet solution found in this study;
• Modelling of more intracranial contents in order to make YEAHM more accurate;
• Development of a model capable of simulating skull fractures, which is necessary at
least for non-helmeted impacts;
• Development of YEAHM’s own specific injury criteria by reconstructing real accidents;
• Development of a new and environmentally friendly helmet, completely made of nat-
ural materials.
A helmet completely made of natural materials is possible if the first point is also con-
sidered, since a cork agglomerate such as AC216 is manufactured with a PU based resin.
This means that in order to develop a 100% natural helmet, natural resins must be used
to develop new and completely natural agglomerates. Nevertheless, the price of natural
resins may be a problem. Another option is the development of new black agglomerates,
better than the ones tested in this study, since no binder is added in its manufacturing. The
other parts of the helmet may be accomplished with a combination of natural fibres, natural
resins and even wood.
The helmet model here developed is rather simple, considering its constant thickness.
The thickness in some regions of the helmet can be reduced, for instance where the im-
pacts are less likely to occur, such as the rear sides of the helmet. Thus, by reducing the
liner volume, the helmet weight is also reduced, which means lower impact energies.
In addition, the liner geometry may be upgraded with an innovative design that allied
with the mechanism of cork deformation can improve the impact response and hopefully the
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safety level of the helmet. This may also allow reducing even further the helmet thickness.
Additionally, this design allied with new agglomerates can be used to optimise each helmet
according to its type and application. The application of cork in other types of personal
safety gear can also be explored.
In this study, it was verified that YEAHM’s pressure predictions were always above the
thresholds proposed in the literature. This was explained by the fact that the models used
to propose these thresholds were validated differently from YEAHM. Therefore, accident
reconstructions must be done to develop YEAHM’s own injury criteria. In the future, data
from real world head injury accidents must be collected and by reconstructing these same
accidents, it is possible to compute specific head injury thresholds for YEAHM.
It is possible that future methods used to assess head injury risk and protective head
gear will rely on the predictions from numerical head models, which should hopefully pro-
vide robust and accurate assessment of the head injury risk. This might be the way for
intelligent helmet design.
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